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Abstract
Endeavors to develop a non-invasive and reliable device to detect different types of
skin cancer in its early stages have been undertaken over the past few years. Although
some advances have been made towards such developments, there remains great scope
for the development of a non-expensive, compact, reliable, safe, easy to use, fast, sensi-
tive, and non-invasive device. This project will apply the innovative laser feedback inter-
ferometry (LFI) technique to skin cancer detection via laser imaging using near-infrared
vertical cavity surface emitting lasers (VCSELs). In this project, the science behind light–
tissue interactions has been explored and skin imaging modalities have been elaborately
studied. As a result, LFI has been exploited in various configurations to image differ-
ent modalities such as Doppler flowmetry and confocal reflectance. In addition to single
modality imaging, dual-modality imaging has also been proposed and conducted exper-
imentally, to image Doppler flowmetry and confocal reflectance at the same time, using
an integrated LFI system. It is shown that dual-modality imaging can yield images with
higher contrast which provide more information about morphological and functional char-
acteristics of a target under test.
In addition to two-dimensional LFI imaging, three-dimensional imaging systems have
also been studied and employed in the laboratory. A tomographic image identifies tis-
sue volume with altered optical properties due to cancerous or other malignant tissue
processes. We applied the three-dimensional imaging system to different types of ker-
atinocyte skin cancer phantoms and results show high level of sensitivity in providing to-
mographic images. Using high numerical aperture lenses, making images at resolutions
down to micrometer scales is possible, which is promising for microscopy of biological
structures.
Furthermore, parallel LFI imaging using an array of 24 VCSELs was also studied the-
oretically and experimentally as a part of this work. A VCSEL array was used in a parallel
read-out LFI imaging system to develop a fast and high resolution device, which elimi-
nates the need to scan mechanically in one dimension.
Investigating the complex interactions of the laser beam and tissue requires a powerful
and robust simulation technique. Monte Carlo was used as a simulation technique to
model the light–tissue interactions occurring in the optical systems in this work. Firstly,
we tested and validated the Monte Carlo main engine which was developed in the group,
by studying morphological aspects of the simulated and experimental signals in a laser
Doppler velocimetry system, and deep insight into the nature of the LFI Doppler spectrum
and further conclusions were drawn. Secondly, the Monte Carlo engine was used in
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modeling and analyzing of optical systems, in this work.
We developed tissue phantom making techniques which were used to examine the ex-
perimental ideas in place of biological samples which are difficult to obtain and work with.
Therefore, tissue phantom techniques were studied extensively and realistic models were
made. We used agar gel and silicone based tissue phantoms to make multi-layer struc-
tures resembling skin tissue. We included deformities in these structures representative
of cancerous tissue and controlled the optical properties of the agar samples by adding
different doses of titanium dioxide and Indian ink as the main scatterer and absorber,
respectively.
Development in different areas of this research paves the way for building a non-
invasive, safe, low-cost, compact, and sensitive laser imaging device, which may play
an important role in early skin cancer detection. We believe results of this work indicate
that LFI can be used for this purpose and the knowledge acquired during the course of
this work will help us to apply this system to real biological tissues.
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Chapter 1
Introduction
1.1 Research Question
The most common type of cancer in human beings is skin cancer, and the incision rate of
keratinocyte cancers (basal cell carcinoma, squamous cell carcinoma), the most prevalent
types of skin cancer, have seen a significant increase over the past decade [1]. Australia
has the highest incidence of basal cell and squamous cell carcinoma cancers in the world,
with about 2% of the population estimated to develop such cancers each year [1]. In Aus-
tralia during 2011, 543 people died from non-melanoma and 1544 died due to melanoma
skin cancers. Finding skin cancer in its early, treatable stages is critical for favorable
prognosis, thereby decreasing the public health burden [2]. At the moment, there are a
number of competing technologies for the early detection of skin cancer. Each with their
own merits and drawbacks. There remains a clear need for a non-expensive, compact,
reliable, safe, easy to use, fast, sensitive, and non-invasive skin imaging technology to aid
in the early detection of skin cancer.
1.1.1 Traditional Methods of Detection
Clinicians have the simple choice of using the oft-recommended ABCDE rule to guide
naked-eye examinations of pigmented lesions: A = lesion asymmetry, B = border irregu-
larity, C = color variability, D = diameter typically the size of a pencil eraser (1/4 inch or
6 mm), E = evolving or any change in size, shape, color, elevation, or another trait, or
any new symptom such as bleeding, itching, or crusting. However, less than 17% of the
changing lesions are melanoma [3].
Skin cancer is most often detected by incidental or deliberate skin self-examination.
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Studies of skin self-examination overwhelmingly focus on melanoma. Melanoma self-
detection rates range from 40% to 55%. In Australia, 44% of all melanomas and 73%
of first melanoma recurrences are detected by patients or their partners [3]. Clinical skin
examination leads to earlier diagnosis of skin cancer in general and reduced melanoma
thickness at diagnosis compared with skin self-examination. A population-based case
control study conducted in Queensland found that having a whole-body clinical skin exam-
ination within the past 3 years reduced the risk of being diagnosed with a thick melanoma
by 14% [3].
Traditional methods of detection without the use of new technologies are not particu-
larly accurate, and early detection using traditional methods is challenging. Moreover, a
final diagnosis needs examination of biopsies which is invasive. Consequently there is a
pressing need for new non-invasive technologies and techniques to improve chances of
early detection of skin cancer.
1.1.2 New Technologies for Detection
The use of dermoscopy has opened a new visual method of investigating pigmented
skin lesions, thus increasing the effectiveness of clinical diagnostic tools to differentiate
melanoma from other pigmented skin lesions [4].
Another existing technology is reflectance confocal microscopy (RCM), a non-invasive
imaging technique, which uses a near-infrared laser beam to penetrate the upper skin
layers, where it backscatters upon contact with skin structures [5]. The high refractive
index of melanin and melanosomes causes more light to be reflected back to the confocal
microscope, which causes these areas to appear brighter. As such, RCM is suitable for
examining melanocytic lesions [3].
Total cutaneous photography provides a temporal comparison of lesions, which allows
clinicians and patients to recognize new and subtly changing lesions so it can be used
for early detection of skin cancer [6]. Teledermatology is a subspecialty in the medical
field of dermatology and probably one of the most common applications of telemedicine
and “E-health”. At the moment, a dermoscopy device that attaches to an i-Phone and is
specifically designed for mobile teledermatology is commercially available [3].
MelaFind is a hand-held imager that analyzes lesions using multi-spectral imaging
and extracts information from the images. Unlike other technologies, MelaFind provides
a biopsy recommendation for the lesion based on the analysis that it performs and there
is no need for a dermatologist [7].
Although numerous techniques have been suggested and used for the purpose, the
1.2 AIMS AND OBJECTIVES 3
field is far away from being mature and there is still a need for a compact, non-expensive,
safe, easy to use, sensitive, versatile, and reliable tool.
1.1.3 Laser Feedback Interferometry as an Emerging Technology
Laser feedback interferometry (LFI) has proved its potential in sensing and biomedical ap-
plications like flowmetry, velocimetry, blood perfusion imaging, confocal reflectance imag-
ing, and refractive index measurements in the infrared frequency range [8–10]. Variation
in optical properties (refractive index) of skin structure [11] and blood perfusion [12, 13]
due to cancerous cells, make LFI a possible technique for skin cancer detection in its
early stages. In the infrared frequency range, the absorption coefficient of the skin tissue
is relatively low and the photons can penetrate a couple of millimeters into the skin. Us-
ing 850 nm infrared VCSEL in LFI helps to have better a penetration depth compared to
visible lasers. In this project we investigate the potential for detection of melanoma and
non-melanoma skin cancers using this technique.
1.2 Aims and Objectives
Human skin is the largest organ of the body that protects us against water loss and
pathogens. Skin has a very complex multilayer structure and there are a huge num-
ber of diseases that threaten the skin. Fortunately, most of the deformities of the skin,
especially the ones related to the outer layer, can be easily seen and diagnosed.
However, some of the diseases can not be seen in the early stages and are developed
in the lower skin layers. The main aim of this work is to develop a technique to assess
the health of the skin in the inner layers beneath the surface. In particular, an optical
imaging technique to image the skin lesion, suspicious of cancer, in early stages is de-
sired. In order to proceed with this goal, not only we need to have a good understanding
of the optical methods and systems, but also a deep insight into the pathological aspects
of the cancerous tissue is needed. Therefore, in this project I studied the hallmarks of
cancer, which are the common types of functional and morphological changes that can-
cer causes to the affected tissue [14]. I particularly focused on the changes that can be
optically detected. The main bio-markers of cancer that we used as indicators in this
project were, cancerous blood flow [12, 13, 15] and optical properties abnormality [11].
Blood perfusion is one of the indicators of the skin condition. Laser Doppler flowmetry is
one of the established methods of measuring blood perfusion which is an interferometric
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technique [16]. In addition, due to histological and ultrastructural changes, optical prop-
erties of tumorous tissues will change [17]. Therefore, optical properties of the tissue that
can be detected and imaged by biomedical optical imaging techniques, were also used
as another bio-marker in this project.
To realize the idea, we used LFI using VCSELs in laser Doppler flowmetry and con-
focal reflectance microscopy configurations for blood perfusion and reflectance imaging,
respectively. VCSEL array was also used in a parallel read-out system to increase the
speed and resolution of the imaging.
The other primary aim of this project was to develop tissue phantoms in order to be
used in imaging experiments and evaluate the system, as access to biological tissues is
hard and time consuming. I developed tissue phantoms based on agar gel and silicone
based phantoms. I used homogenized milk and Intralipid as blood phantoms in this thesis.
Developing a powerful numerical engine for investigating light–tissue interaction, in
particular how laser light interacts with a numerical skin cancer model, was the other
aim of this work. Monte Carlo is the gold-standard simulation technique which has been
extensively used in the area of optics-tissue interactions [18]. We developed an object-
oriented Monte Carlo tool and we used it to model optical systems, during this thesis.
The major aims of this work can be listed as:
1. Developing a non-invasive technique for skin tissue imaging with capability of being
used in skin cancer detection.
2. Study the bio-markers of diseased skin tissues that can be used in biomedical opti-
cal imaging systems.
3. Propose new techniques to improve imaging effectiveness.
4. Develop technologies to make stable and versatile tissue phantoms.
5. Develop a simulation engine that can be used in numerical modeling of the systems.
1.3 Contributions
The original contributions of this thesis are as follows:
• Paper G, for the first time showed the improvement in the signal to noise ratio in the
concurrent operation of a 24-channel VCSEL array in a parallel imaging system.
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• Paper B presents a deep insight into the effects of optical system on the morphology
of the Doppler spectrum in an LFI system configured in a laser Doppler velocimetry
form.
• Paper D, for the first time combined laser Doppler flowmetry and confocal reflectance
microscopy in an integrated optical system, improving the capability of the imaging
system.
• Paper E shows the role that the combination technique, which is suggested in pa-
per D, can play in improving skin cancer detection, using a range of Monte Carlo
simulation and experimental validation.
• Results in section 6.2 for the first time presents tomographic images of a cancerous
skin tissue phantom provided by means of an LFI system.
• Paper F shows the use of agar cancerous skin tissue phantom in an LFI reflectance
imaging system.
• Paper C examined the feasibility of Doppler perfusion imaging by means of LFI
through Monte Carlo simulations.
• Developing agar and silicone based tissue phantoms.
• Developing Monte Carlo simulation and use it in different configurations during the
thesis.
1.4 Overview of Dissertation
This thesis begins with an introduction which is followed by a literature review in ch. 2.
There will be an overview of the methodologies used throughout this project, in ch. 3.
In ch. 4, using a range of Monte Carlo simulations, the effects of optical system and
laser beam shape on the Doppler spectrum are investigated and then the use of different
modalities such as Doppler flowmetry and confocal reflectance in skin cancer detection is
studied by numerically modeling the optical system and the cancerous skin tissue. Chap-
ter 5 discusses dual-modality imaging which can improve the effectiveness of the imaging
systems. Then it is followed by ch. 6 which contains the experimental and simulated re-
sults of a laser feedback tomography system which uses optical sectioning to present
three dimensional images of a sample. Subsequently, in ch. 7 the idea of parallel imaging
is introduced using a 24 channel VCSEL array, which is followed by conclusion section
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of the thesis in ch. 8. Following the conclusion, appendix 3.1 discusses the Monte Carlo
simulation and appendix 3.4 gives the technical methods and considerations which were
used during the thesis to make tissue phantoms.
Chapter 2
Literature Review
Traditional methods of skin cancer detection were discussed in ch. 1. Traditionally, the
final decision as to whether a suspected tissue sample is cancerous, in most cases, is
based on the histology microscopic results after a skin biopsy of suspicious lesions. This
procedure is invasive, painful, leaves a scar, and time consuming. Therefore there is
a need for a non-invasive, accurate, compact, and inexpensive device to be used in skin
cancer detection. Optical techniques are one of the main options as they are non-invasive,
able to penetrate tissue, safe, high resolution, compact, and in most cases inexpensive.
Since a few decades ago, numerous optical techniques have been suggested to be imple-
mented for this purpose. In this chapter, I will introduce some of these techniques, with a
focus on the ones which are believed to be the best alternatives to current histology tests,
as well as novel and promising approaches.
2.1 Non-invasive Optical Techniques in Skin Cancer De-
tection
2.1.1 Dermoscopy
Dermoscopy is the examination of a skin lesion by means of a dermascope and it is one
of the simplest non-invasive techniques which can be used in skin tumor detection. Der-
moscopy is based on optical magnification of the morphological characteristics of the skin
lesion which is impossible to see with naked eye and it is specially effective for examining
pigmented skin lesions [19–24]. The term dermoscopy was first introduced in 1991 [25]
and diagnosis of skin tumors using a dermascope has its roots in a diagnostic technique
which was called pattern analysis and was introduced in 1987 [26]. Before dermoscopy,
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detection of skin cancer was mostly based on visual examination and also ABCDE rules.
Dermoscopy cannot provide images in the cellular scale but it is a tool to connect macro-
scopic clinical dermatology with the other principal approach in dermatology that depends
on microscopic histopathology [20]. Most of the common dermascopes have magnifica-
tions of ×10, although some of them can have magnification factors of up to ×100 [19].
Detection using a dermascope is based on the morphological features of skin tumor
tissues. Different procedures have been proposed in order to use dermascopes as a
detection tool. For instance, a two-step method was proposed in [20]; the first step is dif-
ferentiate between melanocytic and non-melanocytic lesions, and in the second step four
different algorithms are applied to differentiate melanoma from other benign melanocytic
lesions [20]. Furthermore, Menzies et al. used dermoscopy to examine pigmented basal
cell carcinomas and they established a diagnostic technique that for a lesion to be diag-
nosed as pigmented basal cell carcinoma it should have one or more of these 6 features:
large gray-blue ovoid nests, multiple gray-blue globules, maple leaf-like areas, spoke
wheel areas, ulceration, and arborizing tree-like telangiectasia [27]. In that research,
based on independent test sets, sensitivity of 97% was measured for the diagnosis of
pigmented basal cell carcinoma and specificity of 93% and 92% were measured for the
diagnosis of invasive melanomas and benign pigmented skin lesions [27]. However, the
morphological features of pigmented basal cell carcinoma are not limited to the classical
features presented in Menzies et al. work and other diagnostic criteria have been sug-
gested in other research. This is because of the various combinations of histopathologic
traits that pigmented basal cell carcinoma can possess [23].
2.1.2 Multispectral Digital Dermoscopy, Melafind
A multispectral imaging system provides images at specific wavelength across the elec-
tromagnetic spectrum. This can be achieved through using filters or photodetectors which
are sensitive to a specific wavelength. Multispectral imaging when bound together with a
digital dermascope is able to record images of skin lesions at different wavelengths in a
range from visible to near-infrared spectrum. These images can be then processed using
computerized processing techniques and pattern analysis algorithms to trace common
features of specific types of skin cancer such as melanoma.
Because using a dermascope still needs high level of training, some researchers tried
to invent fully automatic diagnostic tools that eliminate the need for dermatologist [28,29].
For instance, a commercial multispectral imager called Melafind was developed and used
effectively to differentiate between melanoma and other melanocytic nevi [28]. This device
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saves images in a computer and performs multi-step computer analysis based on mathe-
matical algorithms to evaluate a lesion. First it demarcates areas at higher contract or level
of pigment content. Then it computes features of the lesion based on different paradigms
such as ABCDE rules. Finally, it combines different values of computed featured to come
up with a score which is a measure for the diagnosis [28]. High level of sensitivity and
specificity have been reported for differentiation of melanoma from melanocytic nevi using
Melafind [28]. Diagnostic accuracy of Melafind has been studied in some other research
showing promising results as well [30].
2.1.3 Reflectance Confocal Microscopy
Reflectance confocal microscopy (RCM) is probably the most accepted non-invasive tech-
nique to be used in skin cancer detection, at the moment, and it is widely used in clinical
trials for this purpose [31–35]. In RCM, out of focus light is eliminated by situating a spa-
tial pinhole at the focal point of the beam. This pinhole blocks the reflected light coming
from out of focus areas. This technique increases the resolution and contrast of the image
and provides the ability to obtain in vivo images from inside living organism, in reflection
mode [36]. RCM can achieve submicrometer lateral resolution but the penetration depth
is limited to several hundreds of micrometers [37]. Although the idea was first proposed
in 1957 [38], it was only after the invention of lasers and computer systems that it found
its way in biomedical community as a non-invasive imaging technique [39]. Researchers
started to use RCM to make in vivo images of skin tissue using skin’s melanin as a con-
trast agent [40]. RCM can be performed in normal reflectance or fluorescence modes to
provide images of various micro-structures of skin tissue. Fluorescent mode is achieved
by administering fluorescence dye to skin tissue [41].
After the early days of applying RCM to image skin tissue structures, researchers
then focused on applications such as detecting benign and malignant melanocyte and
keratinocyte tumors and statistical studies on the effectiveness of RCM in skin cancer
detection [5]. Fluorescent confocal laser scanning microscopy was evaluated clinically by
a systematic examination of normal and diseased skin tissues [42], examining some fea-
tures of non-melanoma skin cancers (basal cell carcinoma and actinic keratosis) such as
increased vascularity and nuclear pleomorphism [42]. Rishpon et al. studied squamous
cell carcinoma and actinic keratosis using RCM and were able to detect a number of can-
cerous features in the morphology of the tissues such as polygonal nucleated cells, atypi-
cal honeycomb pattern of the spinous-granular layer of the dermis, round nucleated cells,
and round blood vessels in superficial dermis [34]. In addition to non-melanocytic lesions,
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RCM was also used to evaluate melanocytic lesions in work such as [35]. In this research
four different features that can be used to differentiate melanocytic from non-melanocytic
lesions where presented as: cobblestone pattern of epidermal layers, pagetoid spread,
mesh appearance of the dermoepidermal junction, and the presence of dermal nests.
Moreover, a two-step algorithm was developed to diagnose skin tumors [35]. Scope et
al. used aluminium chloride to increase the contract of the images and by varying the
depth of optical sectioning, three consistent patterns of tumorous margins were identified
as: epidermal margins, peripheral dermal margins, and deep dermal margins [33]. In
that research, basal cell carcinomas were identified at peripheral or deep dermal margins
and honeycomb patterns of squamous cell carcinomas were also identified at the epider-
mal margins [33]. In addition, a study was run to assess the effectiveness of using RCM
in diagnosing nodular melanomas, a type of skin tumor which can simulate all kinds of
melanocytic and non-melanocytic lesions [32]. It was shown that RCM can be consid-
ered as an effective tool in diagnosing nodular lesion and it shows high sensitivity and
specificity for the diagnosis of melanoma [32].
2.1.4 Optical Coherence Tomography
Optical coherence tomography has been one of the most successful translational opti-
cal imaging techniques that has a high level of clinical acceptance in some areas such
as ophthalmology, cardiology, and dermatology [37]. Optical coherence tomography is
a low-coherence interferometry technique which is able to provide sub-micrometer res-
olution images of biological tissues non-invasively [37, 43, 44]. Light sources with low
time-coherence and broad-bandwidth such as superluminescent diodes can be used in
this systems [45]. There are two arms in these systems; one is a reference arm and the
other is a sample arm. Pulses that reflect back from the reference mirror and sample
interfere with each other and a part of the reflected sample signal which comes from the
right depth within the sample, gives rise to an interferometric pattern (within coherence
gate). In fact the time-of-flight of the signal coming back from the sample reveals infor-
mation about the longitudinal location of the reflection sites [43]. Lateral scans in addition
to longitudinal scans, provide slice images which can make tomographic images when all
are put together.
It has also been suggested as an in vivo technique in skin cancer detection [46–49].
Based on the fact that in basal cell carcinoma the normal appearance of tumorous tissue
is altered, polarization-sensitive optical coherence tomography was used to distinguish
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between healthy and tumorous skin and it was shown that a gradual translation from nor-
mal to a lobular cancerous form happens at the borders [46]. In the studies that have
been done using optical coherence tomography, it is expected to detect changes in nor-
mal skin architecture and any kind of disorder in the shape of epidermis and upper dermis
by means of this technique. For instance Gambichler et al. have been able to observe
features in the images provided from basal cell carcinoma such as large plug-like signal-
intense structures, honeycomb-like signal-free structures, and prominent signal free cav-
ities in the upper dermis, which are correlated with histology examination [48]. However,
one of the deficiencies in diagnosis based on this technique is a lack of specificity. For
example, there are statistically insignificant differences between skin cancers of types
such as nodular, multifocal superficial, and infiltrative basal cell carcinomas [48]. Despite
this, specificity is high in differentiating between normal and cancerous skin tissues [49].
One of the approaches to improve diagnosis thorough optical coherence tomography is
by combining different modalities in the imaging process such as optical Doppler tomog-
raphy [50] which is able to image blood flow in addition to the structure of a biological
sample. Currently, lots of research groups are carrying research in this area [37]. Optical
coherence tomography remains one of the most promising modalities to be used as a
skin cancer detection device.
2.1.5 Laser Doppler Flowmetry
In laser Doppler flowmetry light scattered from a moving particle undergoes a frequency
shift, due to the Doppler effect, that is proportional to the component of its velocity in a
direction determined by the direction of illumination and frequency of the beats produced
by the scattered light and a reference beam [51]. Alternatively, it is possible to observe
the beats produced by scattered light from two illuminating beams incident at different
angles. Laser Doppler interferometry can be used for measurements of the velocity of
moving material, as well as for measurements, at a given point, of the instantaneous
flow velocity of a moving fluid to which suitable tracer particles have been added. The
frequency of the beat signal is given by the relation [51]:
∆f =
1
2pi
(ks − ki) · v , (2.1)
where ∆f is the Doppler shift in the frequency of the light, ks and ki are the wave vectors
of the scattered and incident waves, respectively, and v is the velocity vector of the target.
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From early times of laser invention, researchers thought of using laser Doppler to mea-
sure blood flow, both in the larger blood vessels [52] or skin blood perfusion (microvas-
cularization capillary networks) [16, 53]. Laser Doppler signal is usually an indicator of
flux, velocity, and concentration of the moving red blood cells [54]. On the other hand we
know that abnormal blood perfusion is one of the indicators of skin cancerous tissues [14]
as vasculogenic tumor cells cause neovascularization that plays an important role in the
growth of tumor [55,56]. Therefore, laser Doppler flowmetry has been proposed as a tool
to be used in detection of benign and malignant skin tumors [12, 13, 57]. Stu¨cker et al.
investigated the possibility of differentiating between benign and malignant skin tumors
by assessing the level of microvascularization using laser Doppler perfusion imaging, and
concluding that blood perfusion level has a direct relationship with the malignancy of the
skin cancer [12, 13, 58]. However, this technique suffers from some limitations such as
lack of specificity that needs to be addressed.
Chapter 3
Methodologies
This chapter discusses the methodology which was used to accomplish this thesis. There
were two main approaches in achieving the goals of this work. The first approach was
through numerical simulation. Investigating the interactions of photons, optical systems,
and soft tissue phantoms can be carried out using numerical techniques. Among the
accepted numerical techniques, Monte Carlo is widely known as the gold standard for
modeling these systems. Therefore, we developed a Monte Carlo engine to model our
optical systems, examine our hypothesis, predict the results, and optimize the apparatus.
To execute a Monte Carlo model, we need to model the optical setup, targets which are
quasi-transparent to light, define the optical properties of the parts in the model, define a
large population of photons, determine characteristics for each one of the photons, study
the interactions, collect the detected photons, look for the history of the detected photons
and changes in their characteristics, and finally make the plots and data that show the
results. Section 3.1 highlights the specifics of the Monte Carlo programming conducted
in this thesis.
The second approach was experimental that can be categorized into three sub-branches
of the employed laser, laser imaging technique (laser feedback interferometry), and tis-
sue phantoms (agar and silicone based tissue phantom). The first two categories will
be discussed in sections 3.2 and 3.3. A detailed explanation of tissue phantom making
techniques is included in section 3.4.
3.1 Monte Carlo simulation
Monte Carlo (MC) methods are a broad class of simulation techniques, which have been
successfully applied to problems in physics, engineering, finance, biology, medicine, and
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statistics [59, 60]. The use of MC is especially common and applicable in the area of
photon transport simulation in which one can replace the radiative transfer equation by
more flexible MC methods [18]. We used the standard MC practice of treating the laser
beam as being comprised of a large number of photons, each behaving as a stand-
alone particle. We developed software which accurately reproduces the experimental
results through MC simulation and thereby equipped us with a powerful tool to predict
and analyze the behavior of complicated systems. We used object-oriented MATLAB
programming. Object oriented programming helped us to deal with complex geometrical
structures easily.
3.1.1 Test and Validation
To verify the effectiveness of the MC simulation model in the case of the laser Doppler
velocimetry, a comprehensive set of experiments has been performed sweeping different
parameters in the rotating disk velocimetry system and comparing the Doppler signal
obtained by LFI and the results of MC simulations. This system included the photons
illuminated from a 850 nm VCSEL with a linewidth of a few MHz and a divergence angle
of 7.5 degrees collimated with a C240 lens to a 1.9 mm diameter beam and focused
on a rough Aluminum disk on the vertical axis passing from the center. Photons will be
absorbed or reflected from the surface with a Lambertian distribution and a Gaussian
coherent backscattering distribution, each carrying its own Doppler shift. The simulation
reproduces the trends in Doppler signal characteristics including SNR, full width at half
maximum (FWHM), and central Doppler frequency. The simulated Doppler spectrum
of the detected photons are consistent with the experimental results and therefore the
basic simulation model is validated for further use. The results of this investigation were
published in paper B.
3.1.2 Hyperboloid Gaussian Beam
In order to obtain the most realistic numerical results, it is critical to define the distribution
of the photons in a way to shape the beam in a realistic way and determine the angles and
directions of the photons to resemble the beam in a realistic way. In the main numerical
engine, we defined the laser beam as a Gaussian beam with a hyperbolic nature [61].
This arrangement of photons and their orientations at the beam spot on the focal plane,
rules the specifications of photon-target collisions and play an important role in forming
the signal. In most of the cases, laser beams occur in the form of Gaussian beams, which
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FIGURE 3.1: A typical hyperboloid shape.
means that the transverse profile of the optical intensity of the beam has a Gaussian
distribution [62]. Therefore we defined the initial photon population on the objective lens
surface with a Gaussian spatial probability distribution, assuming we know the collimated
beam diameter incident upon the lens. After defining the initial position of the photons,
photons were launched toward the sample in a hyperboloid shape [61]. The initial direc-
tion of each photon was assigned by considering its position relative to the center of the
lens, as well as the numerical aperture and focal length of the lens, such that the spatial
distribution of photons at the focal plane of the lens was still Gaussian and photons move
in a hyperboloid shape. Figure 3.1 shows a typical hyperboloid.
3.1.3 Optical System
We defined numerical lenses in the MC model based on the physical characteristics of
commercially available Thorlabs, Inc., C330TME-B and C240TME-B lenses. Numerical
aperture and effective focal length for C330TME-B are 0.68 and 3.1 mm, and the figures
for C240TME-B are 0.5 and 8 mm, respectively. Geometrical features of these lenses
were extracted from datasheet and aspheric coefficients of the lenses were used to define
the surfaces and to determine the light refraction angle on the surfaces. Optical system
was used to focus the beam on the target and also for collecting the back reflected beam
and detecting a population of the photons that make their way back into the laser cavity.
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FIGURE 3.2: Numerical optical system including Thorlabs, Inc., C330TME-B and C240TME-B
model lenses.
In addition, ray tracing technique was used to find the path of photons through the optical
system. Figure 3.2 shows an exemplar ray tracing of 100 photons through a optical sys-
tem consisting of C330TME-B and C240TME-B lens models. In this figure, a light source
is situated on the left, then there is a C330TME-B collimating lens and also a C240TME-B
focusing lens.
3.1.4 Backscattering Distribution
It is necessary for the MC simulation to know about the back-scattering behavior of the
photons hitting targets. Considering accurate pattern of back-scattering is critical to ac-
quire the best numerical results. We can categorized the targets that we had in this work
into two main groups of large solid surfaces and small particles (scatterers). Large solid
surfaces can also be divided into smooth (mirror-like) and rough surfaces. Back-scattering
pattern of smooth surfaces is governed by specular reflection law, where the angle of in-
cidence is equal to the angle of reflection. On the other hand, back-scattering pattern of
ideal rough surfaces is governed by Lambertian law. Rough surface is considered with
respect to the wavelength of the incident beam and if the depth of roughness is larger
than the beam wavelength, surface is considered to be rough. Reflection from an ideal
rough surface is called diffuse reflection and as it is mentioned before, this reflection has
a Lambertian reflectance property. If we plot the probability density function of the pho-
tons scattered from an ideal diffusive surface, it has a cos(α) form, while α is the angle
between the back scattered photon and normal to the surface.
However, in most cases, backscattering pattern from rough surfaces is not an ideal
Lambertian reflection. In theses cases, enhanced backscattering have been reported
both experimentally [63] and theoretically [64]. The probability density function of the
backscattering pattern of a rough surface showing enhanced backscattering behavior is
a strong Gaussian form on top of the normal Lambertian shape with an orientation along
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(a) (b)
FIGURE 3.3: (a) Structure of a 5-layer skin model with epidermis, dermis and subcutaneous
layers and one blood vessel. (b) Trace of one photon emitting from the lens into the skin layers.
The photon penetrates four layers and undergoes lots of scattering, being absorbed in the third
layer.
the beam axes. It means that a large number of photons will be reflected back exactly
along the lasing axes of the incident beam. We conducted an experiment to measure the
shape of the backscattering profile of the beam incident upon a rough aluminum disk, as
discussed in paper B, and shown in Fig. 4.7.
Moreover, in cases of backscattering of photons from small static scatterers, we con-
sidered Henyey–Greenstein phase function [65] with an anisotropy factor of 0.85, and in
cases of dynamic scatterers such as red blood cells, we considered a Gegenbauer ker-
nel phase function [66]. Phase functions are mathematical functions which resemble the
angular dependence of light scattering by small particles.
3.1.5 Multi-layer Skin Model
One of the main numerical models that we developed in this work was a multi-layer skin
model. We first studied the biology (structure and optical properties) of human skin. Then
we model the geometry of skin and defined spacial optical properties that governed the
interaction od photons. Then photons were launched toward the structure in a Gaussian
beam with a hyperbolic nature. Some of the photons would make their ways into the
tissue model and interact with the scatterers and absorbers in the media. As a results of
these interactions, photons accumulated information about skin layers within themselves.
A portion of the photons made their way back from the skin tissue model (exited from
skin model) and pass through the optical system and was detected by the system. Then,
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(a) (b)
FIGURE 3.4: (a) Trace of one photon which is reflected upon hitting the surface of the skin. (b)
Trace of a single photon entering four layers and exiting the skin.
different aspects of the photons were analyzed and numerical signals were formed. Plots
of the photon traces emitting from the laser and interacting with a 5-layer skin model are
shown through Figs. 3.3 – 3.5. Third layer of the model contains a blood vessel. Further
explanation is included in the captions of the figures.
3.2 Vertical Cavity Surface Emitting Laser
Vertical cavity surface emitting lasers (VCSELs) are a relatively recent type of semicon-
ductor laser. VCSELs were first presented in the late 1970’s. Subsequently, within the first
years of commercial availability, VCSELs became the technology of choice for local area
networks, effectively displacing edge-emitter lasers [67]. The typical layout of a VCSEL is
shown in Fig. 3.6.
The resonant cavity containing the active layers is surrounded by electrically conduc-
tive layer stacks that form the laser mirrors which provide optical feedback. VCSELs
designed for emission wavelengths in the 850 to 980 nm spectral range require ∼8 µm of
epitaxially grown material, whereas the active region is composed of just a few quantum
wells with ∼10 nm thickness. Metal organic chemical vapor deposition or molecular beam
epitaxy are preferred for crystal growth. In the most simple device layouts, electric current
is injected from ohmic contacts on the top epitaxial side and the backside of the substrate.
Several methods have been successfully employed to achieve current confinement to a
predefined active area. Among those are simple mesa etching of the top mirror, ion im-
plantation to create highly resistive semiconductor regions, or selective lateral oxidation
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(a) (b)
FIGURE 3.5: (a) Trace of a hundred photons. Many enter the skin and blood vessel and after
hitting the scatterers, if returned to the lens, will be detected and will contain information about the
blood perfusion and skins optical properties as well. (b) The same configuration but with a high
refractive index of the blood vessel, so that the photons are reflected from the blood vessel’s wall
(to show the effect that controlling optical properties can have on the path of photons).
FIGURE 3.6: Typical layout of a VCSEL [68].
of a ∼10 nm thick semiconductor layer [69]. Because of its suitable properties, we use
850 nm single and multiple channel VCSELs in this project as the device to create the
laser beam for use in the LFI systems.
3.3 Laser Feedback Interferometry
The self-mixing effect is observed when a laser illuminates an external target such that
part of the light backscattered by the target reenters the laser diode’s cavity, as illustrated
in Fig. 3.7. The backscattered light interferes with the standing wave pattern inside the
laser cavity, thus changing the emitted optical lasing frequency and power. In particular,
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FIGURE 3.7: Self-mixing interferometry schematic [9].
the frequency of the free running laser shifts in order to maintain a modified phase condi-
tion for the new situation. Changes in external cavity or target equivalent to the movement
of the external target by half of the emitted wavelength thus result in a full cycle in emitted
optical power. The target’s displacement then follows by counting the number of cycles in
the emitted optical power [10,70–73]. The fluctuations in optical power over time as a re-
sult of target motion can be measured by the laser diode’s internal monitor photo detector
or the laser diode junction voltage. The shift in the frequency of the free running laser has
to satisfy the following modified phase equation (at timescales far slower than that of the
internal laser dynamics) [74]:
0 = 2piτext(ν − ν0) + C sin(2piντext + arctanα) , (3.1)
where τext is the external round-trip time, ν is the frequency of the laser with optical feed-
back, ν0 is the frequency of the free running laser in the absence of the external target, C
is the feedback parameter which depends on the level of optical feedback [75], and α is
the linewidth enhancement factor [76]. The equation for the feedback parameter C is as
follows [74]:
C =
τext
τ`
κext
√
1 + α2 , (3.2)
where τ` is the intra-cavity round-trip time, and κext is the coupling coefficient which is a
function of reflectivity of the target and exit laser mirror as follows [74]:
κext = ε
√
Rext
Rs
(1−Rs) , (3.3)
where ε is the fraction of the reflected beam which coherently coupled back into the las-
ing mode [75], and Rext and Rs are the reflectivities of the target and exit laser mirror,
respectively. By defining the external round-trip phase in the presence of the target as
φ = 2piντext and external round-trip phase in the absence of the target as φ0 = 2piν0τext,
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Eq. (3.1) can be written in the following form [74]:
0 = φ− φ0 + C sin(φ+ arctanα) . (3.4)
Solving Eq. (3.4) for φ is not trivial as there is no closed-form solution for it. After solving
this equation numerically, perturbation in the threshold gain of the laser due to the optical
feedback can be formulated as [74]:
∆gth = −κext
L
cos(φ) , (3.5)
where L is the target distance from the laser. The variations in gth can then cause an
observable fluctuation in the laser optical power which is caused by the changes in the
external round-trip phase in the presence of a target, as:
∆P = β cos(φ) , (3.6)
where β is the amplitude of self-mixing signal which is dependent on the laser and system
parameters (such as the amount of light being coupled back into the laser cavity, the
distance to the target, and the photon lifetime in the laser cavity). The characteristics of
the external target can then be sensed by monitoring the changes in the optical output
power of the laser or changes in the terminal voltage of the laser [77]. LFI can also be
used to measure the particle size and speed of flow [78]. The particle sizing has been
demonstrated for the polystyrene and fat particles in the water in the range of 0.02 to
0.20 µm [78]. LFI flowmetry can be performed for flow or micro-fluidic [79] channels with
different diameters and flow rates. Further potential applications of this technique include
blood flow measurement in medicine [80] and parallel readout of flow channels [81]. Self-
mixing velocimetry has been developed using a semiconductor laser diode [82]. LFI is
also used in angular velocity measurements [83] and refractive index measurements [84].
Therefore, due to the non-expensive, compact, reliable, safe, easy to align, sensitive,
and non-invasive characteristics of the technique, we employed LFI as the main sensing
method to be used in this thesis.
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3.4 Agar Skin Tissue Phantom
In the past few decades, there has been an increasing interest in using optical techniques
in biomedical applications, whether for diagnostic or treatment purposes. The main rea-
son for this growing interest is the non-invasive essence of these techniques, as well as
their suitability for providing high resolution images. However, there are lots of problems
in characterizing these optical techniques using real biological tissues. Therefore, most
research groups in these areas are interested in using tissue phantoms to evaluate their
systems and test their hypotheses. Among a wide range of techniques, I used agar based
phantoms to make skin tissue models and milk or Intralipid as a blood phantom.
Agar is a hydrophilic gel, made of a kind of algae. Agar based phantoms are easy
to make (using conventional lab equipment), low-cost, biologically compatible (safe to
manipulate), and homogeneous. One drawback is that the phantom is not stable and
shrinks in size (loses water) if not sealed or enclosed properly.
Although the main scientific usage of it is to provide solid substrate to culture micro-
organism, it can also be used to make tissue phantoms. For this purpose we need to mix
it with scatterers and absorbers to control its optical properties. The main scatterer and
absorber agents that I used were titanium dioxide as scatterer and India ink as absorber.
We can make agar gels in thin layers and stack them on each other to make phantoms
of multilayer tissues, such as skin. In the rest of this appendix, I will explain the process
of making an agar tissue phantom and technical considerations to get the most realistic
results, and also present our preliminary results on silicone based tissue phantoms.
3.4.1 Materials
Agar powder used in most of the experiments in this thesis was obtained from Sigma-
Aldrich. The container of the agar is shown in Fig. 3.8 (a). Agar power can also be
obtained from grocery stores but it is less pure. Agar gel was prepared by dissolving agar
powder in water. It is better to use deionized or distilled water, whereas tap water can also
be used. After adding agar powder to water, we need to heat up the mixture to initiate the
polymerization process. It should be heated to boiling point to get the best result and a
bit of stirring is also recommended. In most cases, we used a hot plate [Fig. 3.8 (b)] for
heating purposes, while a microwave oven was also used in a few instances. The mixture
should look clear when the agar powder is completely dissolved in the water, and it is the
time to pour it in a curing container.
The weight proportion of the agar power and water should be chosen based on the
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(a) (b)
FIGURE 3.8: (a) Agar powder for research use and (b) hot plate to heat up the mixture.
kind of gel which we require. For most of the experiments in this thesis 1 to 1.5 percent
weight to weight proportions of agar to water were used. Higher percentage of agar will
result in a firmer gel, but the percentage should not be too high, as the gel will become
too thick. We used a 0.01 gram precision scale to weigh the agar powder. Figure 3.9
shows the scale that we used to weigh the agar powder.
3.4.2 Making Agar Layers
We need to make gels in different shapes to make different kinds of tissue phantoms. In
the case of skin tissue phantom, we should make layers of agar resembling different layers
of skin, such as epidermis, dermis, and subcutaneous layers. One way to make layers
of agar gel is to use two microscope slides and spacers between them. The thickness of
the spacers determines the thickness of the agar layers. Figures 3.10 (a) and (b) show
how thick and thin spacers can be used between microscope slides, respectively. Nuts
and pieces of aluminum sticking tapes were used to create thick and thin agar gel layers,
respectively. Throughout this work, layers of agar with thicknesses in the range of 0.33 to
3.15 mm have been made and utilized. After pouring the gel in the Petri dish, it should
be left for about 20 minutes in the room temperature to set, and then in a fridge for about
one more day to get its final firm state.
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FIGURE 3.9: The 0.01 gr precision scale used to weigh agar powder.
3.4.3 Optical Properties of Agar
We estimated the optical properties of agar gel using Beer–Lambert law. Based on this
law, the total attenuation of optical power traveling in a transparent material such as agar
gel, depends on its optical properties, and can be described as:
µt = − 1
L
ln
P
P0
, (3.7)
where µt is the total attenuation of the light, L is the agar sample thickness, P is the
power of the transmitted light, and P0 is the power of the non-attenuated light. The total
attenuation can also be formulated as:
µt = µasam + µssam , (3.8)
where µasam and µssam are the absorption and scattering coefficients of the sample, re-
spectively. More details about this technique can be found in the sec. 3 of paper F.
We used a 3.15 mm thick agar gel layer for this purpose. A collimated laser beam from
an 850 nm VCSEL was illuminated through the layer and optical power was measured
before and after the layer. P0 and P were 710 and 576 µW, respectively, and ambient
light noise level in the experiment was 0.5 µW, when the concentration of agar in water
is about 1% w/w. Total attenuation is calculated to be 66.35 m−1 for this layer. In order
to divide total attenuation coefficient into scattering and absorption coefficients, we need
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(a) (b)
FIGURE 3.10: (a) Using nuts as spacers to make thicker agar gel layers and (b) Using aluminum
sticking tapes as spacers to make thiner agar gel layers.
to know one of these coefficients. Therefore we assumed the absorption of this gel is
equal to water absorption at 850 nm (0.5 m−1), which resulted in a scattering coefficient
of 65.85 m−1 for this layer. Note that these numbers can be mentioned for pure agar
powder (instead of agar gel). This means if the agar gel is a 1% weight to weight (w/w)
gel, the figures for pure agar powder are obtained by multiplying the numbers by 100. In
this way, we will apply these results to other layers, made of different percentages of the
same kind of agar.
3.4.4 Titanium Dioxide as Scatterer
Both scattering and absorption coefficients of agar gel (or any other kinds of base tissue
phantom material) are much lower than the corresponding optical properties of a typical
biological tissue. Therefore, we need to add additional materials to the base gel to control
its optical properties. One of the most common scattering materials is titanium dioxide
(TiO2), as it is low-cost, easy to obtain, and the size of the particles are in the range of a
few hundreds of nm, which make it a good substitute for biological scatterers. TiO2 resides
in suspension in an agar gel mixture and will be fixed when the gel is set. Figures 3.11
and 3.12 show a microscopic image of TiO2 particles in agar gel and the container of the
TiO2 we used during this thesis.
Using Beer–Lambert law, explained in sec. 3.4.3, I measured the scattering coefficient
of TiO2 powder which was about 380000 m−1. We need to mix desired w/w proportions
of TiO2 powder in agar gel to achieve desired scattering coefficients.
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FIGURE 3.11: Titanium dioxide particles in agar gel.
FIGURE 3.12: Container of titanium dioxide used in this work.
3.4.5 India Ink as an Absorber
India ink is mainly composed of carbon particles that have a relative flat absorption spec-
trum over the visible and near infrared frequency ranges [85]. It has been used as an
absorber in tissue phantoms and its optical properties are well studied [86]. Because
of its ease of use, availability, and absorption properties that mimics that of biological
tissues closely, it is one of the most common absorber agent which has been used in
making tissue phantoms to be used in optical imaging applications. Therefore, I mostly
chose India ink in making agar tissue phantoms during this work. I measured the ab-
sorption coefficient of India ink in the lab using the Beer–Lambert law technique, which
is explained in 3.4.3, and it was approximately 290000m−1. Considering such a large
absorption properties, often a tiny amount of India ink is enough in tissue phantoms to
produce the absorption coefficients in the range of real biological tissues. In order to
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(a) (b)
FIGURE 3.13: (a) India ink and (b) micropipette used in this project.
measure the volume of India ink, I used a micropipette which had a precision level down
to about 5 µL. Figure 3.13 (a) and (b) show the container of India ink and the micropipette
that I used during my experiments, respectively.
3.4.6 Homogeneous Phantom
One of the challenges in making an agar or any other kind of tissue phantom is to add
scatterer and absorber particles to the base gel in a homogeneous way. This means to
have a spatially homogeneous scattering and absorption coefficient, we should make sure
that scatterer and absorber particles are equally spread into the gel volume. Although it
is easy to homogeneously mix some kind of particles, specially the ones which are in a
liquid phase or emulsion suspension such as India ink pigments, in case of particles such
as TiO2 powder it can be quite difficult [85]. Because TiO2 consist of clumpy powder that
precipitate quickly when the base gel is not set, as it is a metallic oxide and heavier that the
liquid base gel. During this work, I acquired two strategies to make homogeneous agar
gels, containing TiO2. First was to use a cordless drill and a whisk as a mechanical stirrer,
as shown in fig. 3.14 (a). I found that 20 to 30 minutes of stirring of agar gel containing
TiO2, when it is kept hot at temperatures of about 80 degrees Celsius, resulted in a high
level of homogeneity. Second strategy was to use a magnetic stirrer hotplate. Magnetic
stirrer hotplate is a temperature-controlled hotplate that has a rotating magnetic disk under
the plate at the same time. Magnetic bar should be placed in the liquid containing TiO2
and it should be left to stir it for at least one hour. When the mixture is ready, it should be
pour in a Petri dish that contain the microscope slides and spacers (if we want to make
layers) before TiO2 particles start to precipitate out of the suspension.
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(a) (b)
FIGURE 3.14: (a) Drill and whisk as mechanical stirrer and (b) magnetic stirrer hotplate and a
container containing a magnetic bar in it.
3.4.7 Cancerous Skin Tissue Phantom
One of the phantoms that I made and used in my experiments was a 3-layer agar can-
cerous skin tissue phantom. Three layers in this phantom represent the three main layers
of human skin. epidermis, dermis and subcutis layers. Thickness of these layers varies
greatly in different locations of the human skin, but approximate thickness of 100, 400,
and 1000 µm can be considered for epidermis, dermis, and subcutis, respectively. As it
is difficult to make 100 µm agar gel layers, I made layers with thicknesses of about 330,
330, and 1100 µm as epidermis, dermis, and subcutis layers in the 3-layer agar gel skin
tissue phantom. Optical properties of human skin tissue has been studied extensively in
visible and near infrared spectra [87, 88]. We need to add proper amounts of India ink
and TiO2 to the layers to create optical properties similar to those of human skin tissue
measured in the literature. These amounts were chosen based on the optical properties
which was measured in sections 3.4.5 and 3.4.4. In most cases, non-melanoma skin can-
cer cases a drop in optical properties of the afflicted tissue. For example, the scattering
and absorption coefficients of nodular basal cell carcinoma and squamous cell carcinoma
reduce by factors of about 0.6, with respect to the normal surrounding dermis tissue, at
the wavelength of 850 nm [11]. Therefore, we included a 4 mm cylindrical area in the
second layer (dermis), with reduced optical properties by factors of 0.6 for both absorp-
tion and scattering coefficient, as a model of cancerous tissue in our agar cancerous skin
tissue phantom. Figure 3.15 (a) shows how layers are stock on each other and Fig. 3.15
(b) shows the top view of the mounted tissue phantom. To stop agar from evaporation a
150 µm cover slip was placed on the top of the layers and the whole tissue phantom was
wrapped in a piece of plastic from below. A biopsy punch was used to make a whole in
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(a) (b)
FIGURE 3.15: (a) Multi-layer agar cancerous skin tissue phantom (the two first layers of epider-
mis and dermis including a 4 mm whole for the cancerous model to be added) and (b) top view of
the mounted cancerous skin tissue phantom.
the second layer and detached the cancerous cylindrical area to be placed in the whole.
3.4.8 Micro Tubes
One of the limitations of agar tissue phantoms is that it is hard to make hollow channels
inside them. Therefore, I used capillary tubes and embedded them in the agar gel based
phantoms to model blood vessels. Two types of capillary tubes were used during this
project. First, circular capillary tubes. It has a outer and inner diameters of about 1.6 and
1.2 mm, respectively. The length of this tube is 5 cm. Second type was a rectangular
capillary tube. The walls of this tube is 300 µm thick. The dimensions of the interior
channel are 0.3 and 3 mm. Figure 3.16 (a) shows circular and rectangular capillary tubes,
used in this project. I embedded these kinds of tubes inside agar tissue phantoms at
different depths and in different structures. I used a syringe pump to flow liquids through
these channels. Figure 3.16 (b) shows the syringe pump which was used in this project.
Pump rates between 20 to 2000 µL per minute were used to do different experiments in
this project.
3.4.9 Milk and Intralipid
I used two types of blood phantom and push them through capillary tubes included in
different tissue phantoms in this project. These blood phantoms were homogenized milk
and Intralipid 20 % which were diluted with ionized water with different ratios to provide
the desired optical properties. Homogenized milk has been used frequently as a blood
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(a) (b)
FIGURE 3.16: (a) Circular and rectangular capillary tubes used to model blood vessels and (b)
syringe pump to push liquid (blood phantom) through these channels.
phantom in modeling biological tissues as its fat particles mimic red blood cells in size
and optical properties [85]. Homogenized milk has high scattering and low absorption
coefficients in the near-infrared range which are close to those of blood. Intralipid opti-
cal properties is also well-studied in the literature and it has also been used frequently
as blood phantom [89]. Figures 3.17 (a) and (b) show images of the container of the
homogenized milk and Intralipid which were used in this project.
3.4.10 More Stable Phantoms
One of the problems with agar gel tissue phantoms is that they are not stable over time. If
left in open air, they will lose water and shrink in size. Furthermore, if store outside fridge,
they are highly susceptible to fungal growth. Moreover, under tension, the gel matrix will
break easily, therefore it is hard to create thin layers or hollow channels in them. As a
stable alternative, we developed the technology to make silicon-based tissue phantoms.
We used two part polydimethylsiloxane (PDMS), which is the most common silicon-based
organic polymer. Figures 3.18 (a) shows the two parts of the PDMS that we used to make
these phantoms. One part of curing agent should be added to ten parts of the main silicon
part and the mixture should be left at least for two days to set. The same strategies to mix
Particles in a homogeneous way should be applied. One problem with PDMS is the air
bubbles which are trapped in the mixture while stirring. Air bubbles will stay in the mixture
because it is viscous. To get rid of the air bubbles, we used a vacuum chamber. About
two hours of vacuuming showed good results. The other technical consideration was to
use perspex in order to make layers, as PDMS detached easily from this kind of material
while it is hard to separate it from glass when it is set. Figures 3.18 (b) shows a 100 µm
PDMS layer containing TiO2 and India ink, resembling an epidermis layer.
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(a) (b)
FIGURE 3.17: (a) Homogenized and (b) Intralipid 20 % used as blood phantom in the experi-
ments.
(a) (b)
FIGURE 3.18: (a) Two part PDMS (silicon-based gel) and (b) 100 micron thick layer containing
TiO2.

Chapter 4
4. Modeling for Skin Cancer Detection
This chapter includes papers A, B, and C. Paper A investigates the reflection profile of
laser beam from a rough surface (the effect of enhanced backscattering along the lasing
axis) experimentally, and incorporates these results into a Monte Carlo model to study
the effects of numerical aperture of the beam on the laser Doppler velocimetry signal.
This study has interesting conclusions such as the improvement of SNR of the Doppler
spectrum as the numerical aperture of the beam increases. Paper B investigates the ef-
fects of the optical system on the morphology of the Doppler spectrum in a larger scale.
The Doppler spectrum obtained from LFI signal is complex in morphology and its fea-
tures are strongly related to system design. This study discuss the design features of
LFI systems on the Doppler spectrum. There are a large number of the parameters that
will dictate the Doppler spectrum characteristics like full width at half maximum, signal
to noise ratio, and Doppler frequency of the signal. Major and minor contributors to the
Doppler spectrum characteristics are investigated by sweeping different parameters and
monitoring the results. Although the studies in both paper A and B have been carried out
on simple systems such as velocimetry of a rotating disk target, it can be considered as a
stepping-stone for all the future work in the thesis. That is because these papers inspect
the fundamental science behind an LFI system by closely looking at numerous effects
and phenomena such as the stochastic and deterministic photon trajectory patterns and
backscattering profiles, laser characteristics such as aperture size, beam profile, polar-
ization and the number of modes, stability, beam Gaussianity, lens diffraction, numerical
aperture of the optical system and the lasing beam, the velocity and direction of the scat-
terers in relation to the photon’s directions, spatial position and surface structure and size
of the target or scatterers, system mechanical vibration, and the other sources of noise
and imperfection such as any kind of unwanted wobbling, and the other contributors to the
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signal. Finally, we have a tool to anticipate the Doppler and reflectance spectra acquired
from complex structures.
This tool was then used in paper C to demonstrate the application of LFI in skin cancer
detection. Doppler blood perfusion modality was applied to a cancerous skin model and
discussion was made about the characteristics of this imaging system. Paper C presents
a numerical study of a laser Doppler perfusion imaging system by means of an LFI sys-
tem.
4.1 Paper A
Mowla, Alireza and Nikolic´, Milan and Lim, Yah Leng and Bertling, Karl and Taimre,
Thomas and Rakic´, Aleksandar D, “Effect of the optical numerical aperture on the Doppler
spectrum in laser Doppler velocimetry,” IEEE, COMMAD, 72–74 (2014).
4.1.1 Abstract
We have investigated the effect of the optical system design on the characteristics of the
Doppler spectrum of a laser Doppler velocimeter, by means of a Monte Carlo simulation
model. We show that numerical aperture is one of the parameters that strongly affect the
full width at half maximum and signal to noise ratio of the Doppler spectrum. The profile
and intensity of the enhanced backscattering of the laser beam from a diffusive rough
aluminum disk surface is measured using a range of lenses with different focal lengths
and the results are incorporated into the Monte Carlo model.
4.1.2 Introduction
The Doppler spectrum obtained from the Doppler shift in the frequency of the laser beam
incident upon moving solid objects or scatterers in fluid flows, has been used from the
early days of lasers for sensing purposes [90–92]. including velocimetry, flowmetry, and
biomedical applications [82,93,94]. Laser feedback interferometry (LFI) which is a simple
and self-aligned technique is an implementation of laser Doppler velocimetry (LDV) [82].
Optical numerical aperture (NA) of the beam which is dictated by the lens configuration,
is one of the parameters that can affect the shape of the Doppler spectrum. Study of
the morphology of the Doppler spectrum is important in dealing with more complicated
systems. In this work Monte Carlo (MC) simulation [60] is used to model a rotating disk
LDV system with a LFI implementation. A reliable numerical model gives us a tool to
investigate the sensitivity of the spectrum characteristics on the optical system param-
eters. To make a realistic model, all the parameters, variables and features of the LDV
system should be embedded into the simulation based on physically realistic and mea-
sured quantities. The profile and intensity level of the enhanced backscattering [95] of
the laser beam from the diffusive disk surface was measured using four lenses with fo-
cal lengths from 3.10 to 15.29 mm and the results are incorporated into the simulation.
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FIGURE 4.1: Block diagram of rotating disk laser Doppler velocimetry apparatus based on laser
feedback interferometry.
Through simulation, Doppler spectra are obtained for four different lenses and the varia-
tions in signal to noise ratio (SNR) and full width at half maximum (FWHM) are studied. It
was shown that increase in NA (equivalent to the decrease in focal length) results in the
dramatic increase in SNR and FWHM. After explaining the model, we present a section
on the measurement of the enhanced backscattering and then we include results and
discussions and finally the conclusion.
4.1.3 Model
MC is a powerful and well-established method in studying the behavior of photons in
an optical system [96]. MC looks at the stochastic movement of photons, emitted from
a laser, in an optical system that may contain free space, lenses, other solid opaque
or transparent components, biological tissues, scatterers in fluid, and moving objects.
Photons are produced with a Gaussian spatial density profile with the beam divergence
angle that matches the laser model. Physical laws will govern the system and affect
the movement of the photons. Photons may undergo reflection, refraction, scattering, or
absorption. Each one of the photons in the space has its own characteristics, such as
position, direction, velocity, frequency, polarization, etc. The Doppler effect is a shift in
the frequency that will happen when a photon impinges on a moving object or scatterer.
In a LFI system, the laser acts as both transmitter and receiver. The part of the photon
population that reenters the laser cavity will cause a modulation of the optical power of
the laser [70–72]. A block diagram of the rotating disk LFI system is shown in Fig. 4.1. In
this scheme, the photons that find their way back into the laser cavity are considered as
detected photons. The frequency shift of the detected photons is extracted to construct
the Doppler spectrum.
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FIGURE 4.2: Block diagram of enhanced backscattering measurement apparatus.
FIGURE 4.3: Image from CCD camera (a) to measure enhanced backscattering for a C240TME-
B lens, including the horizontal (b) and vertical (c) intensity distribution.
4.1.4 Enhanced Backscattering Measurement
The backscattering distribution profile of the photons from a random rough surface, with
a roughness greater than the wavelength of the beam, is one of the important param-
eters that should be embedded into the simulation to produce realistic Doppler spectra.
For an ideal diffusive surface, the backscattering distribution is expected to be Lamber-
tian [95], but experimentally for most rough surfaces we will have a Gaussian-like en-
hanced backscattering around the lasing axis superimposed on the Lambertian level [95].
We have measured the enhanced backscattering from the rough surface of an aluminum
disk, using four different lenses. The block diagram of the apparatus used to measure
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FIGURE 4.4: Normalized enhanced backscattering peak intensities for four different lenses
C330TME-B, C230TME-B, C240TME-B, and C260TME-B, versus their focal lengths.
FIGURE 4.5: Simulated Doppler spectra varying beam NA. The beam NAs of the narrowest
to widest signals are 0.06, 0.12, 0.22, and 0.32, corresponding to C260TME-B, C240TME-B,
C230TME-B, and C330TME-B lenses, respectively.
the enhanced backscattering is shown in Fig. 4.2. VCSEL beam is collimated and fo-
cused on a rough disk using two lenses. Half of the backscattered beam, collected by
the objective lens, is directed into a CCD camera using a beam splitter (BS). The CCD
camera provides images that contain information about the distribution of the enhanced
backscattering and the intensity level of its peak. The Thorlabs Inc. lenses C330TME-B,
C230TME-B, C240TME-B, and C260TME-B with focal lengths of 3.10, 4.51, 8.00, and
15.29 mm, respectively, have been used to measure the level of the enhanced backscat-
tering peaks at different focal lengths. One exemplar image from the CCD camera is pre-
sented in Fig. 4.3 (a) which shows the enhanced backscattering of the laser beam from
a rotating rough aluminum disk, using C240TME-B as the objective lens. Figs. 4.3 (b)
and (c) are the enhanced backscattering profiles along the horizontal and vertical axes,
respectively. Figure 4.4 shows the normalized intensity level of the enhanced backscat-
tering for different lenses, versus their focal lengths. As it is shown, the level of enhanced
backscattering decreases significantly when the focal length is increased.
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FIGURE 4.6: (a) SNR and (b) FWHM of the Doppler spectra versus beam NA.
4.1.5 Results and Discussion
We simulated a rotating disk LDV system with a LFI implementation. The model includes a
collimated beam with 1/e2 diameter of 1.96 mm emitted from a laser diode. Four different
lenses C230TME-B, C240TME-B, C260TME-B, and C330TME-B, with focal lengths of
3.10, 4.51, 8.00, and 15.29 mm, respectively, were modeled to focus the collimated beam
on a rough surface of an aluminum rotating disk. The disk model is rotating at the angular
velocity of 0.79 rad/s and positioned at an angle of 15 ◦ relative to the normal to the lasing
axis. The 1/e2 diameter of the enhanced backscattering beam is about 1.6 mm for all
four lenses but with different intensity levels. The simulated Doppler spectra for optical
beam NAs of 0.06, 0.12, 0.22, and 0.32, corresponding to C260TME-B, C240TME-B,
C230TME-B, and C330TME-B lenses, respectively, is shown in Fig. 4.5. The SNR and
FWHM were significantly affected when beam NA was varied. The trends of the SNR and
FWHM are shown in Fig. 4.6. Both SNR and FWHM increased when beam NA increased.
4.1.6 Conclusion
The study of the morphology of the Doppler spectrum in the LDV system is of great im-
portance when dealing with more complex, less predictable targets. There are many
parameters and phenomena that will contribute to the signal characteristics. In this work,
we have studied the effect of beam numerical aperture on the broadening and SNR of
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the Doppler spectrum through the powerful simulation technique of Monte Carlo. The nu-
merical engine developed here qualitatively reproduces the morphological features and
trends observed in LFI Doppler spectra without any calibration. We experimentally mea-
sured the enhanced backscattering from the surface of a rough aluminum disk. Once
these experimental backscattering profiles were incorporated into the model we obtained
an experimentally calibrated numerical engine capable of producing highly reliable and
accurate numerical experiments. We have shown that beam numerical aperture is a ma-
jor influential parameter affecting the morphology of the Doppler spectrum. Increasing
the optical numerical aperture by decreasing focal length, will increase SNR and FWHM
of the Doppler spectra significantly.
4.2 Paper B
Mowla, Alireza and Nikolic´, Milan and Taimre, Thomas and Tucker, John R and Lim, Yah
Leng and Bertling, Karl and Rakic´, Aleksandar D, “Effect of the optical system on the
Doppler spectrum in laser-feedback interferometry,” Appl. Opt. 54, 18–26 (2015).
4.2.1 Abstract
We present a comprehensive analysis of factors influencing the morphology of the Doppler
spectrum obtained from a laser feedback interferometer. We explore the effect of optical
system parameters on three spectral characteristics: central Doppler frequency, broad-
ening, and signal-to-noise ratio. We perform four sets of experiments and replicate the
results using a Monte Carlo simulation calibrated to the backscattering profile of the tar-
get. We classify the optical system parameters as having a strong or weak influence
on the Doppler spectrum. The calibrated Monte Carlo approach accurately reproduced
experimental results, and allows one to investigate the detailed contribution of system
parameters to the Doppler spectrum which are difficult to isolate in experiment.
4.2.2 Introduction
One of the earliest applications of the laser was to measure velocity using the laser
Doppler spectrum [90, 91] which became a well established sensing technique for char-
acterizing fluid flows and measuring the velocity of bodies in motion [51]. Laser feed-
back interferometry (LFI) is a well-established sensing technology that can be configured
to operate on the same fundamental Doppler-shift principle as traditional laser Doppler
velocimetry (LDV) systems [8]. An LFI velocimeter boasts quantum noise limited perfor-
mance, simplicity of optical alignment and uses low cost semiconductor lasers. LFI has
been used for biomedical applications [9] such as blood perfusion measurement [80, 97]
and imaging of tissue phantoms [98] as well as for non-biomedical applications including
fluid flowmetry [79, 81], velocimetry [72], refractive index [84], displacement, and abso-
lute distance measurement [8]. An LFI velocimeter usually involves the analysis of a
measured Doppler spectrum in order to infer information about the speed of the target.
Therefore, understanding how different system parameters affect the morphology of the
Doppler spectrum is of great interest. Modeling of the Doppler spectrum has been under-
taken [51], however the impact of optical system parameters on the laser Doppler spectral
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morphology is not well explored.
In this work we systematically investigate the effect of system parameters on the
Doppler spectrum. In order to produce a stationary distribution of velocities that can
be precisely controlled, we employ a diffusive rotating disk as a target. We investigate
this system experimentally by means of LFI, and numerically via Monte Carlo (MC) simu-
lation [60]. The system parameters we investigate are target velocity, beam spot position,
target angle of inclination with respect to the laser beam axis, fractional change of veloc-
ity across the beam spot, beam numerical aperture (NA), system vibration, target surface
profile, instability in target velocity, and laser linewidth. By accurately reproducing the
experimental Doppler spectrum through MC simulation after calibration for the light scat-
tering characteristics of the target, we are equipped with a powerful tool to predict and
analyze the performance of LFI velocimeters.
4.2.3 Theory and methodology
Laser Feedback Velocimeter
The LFI velocimeter is a versatile laser sensing technique in which a portion of the
Doppler-shifted light re-enters the laser cavity and mixes with the optical field within
(“self-mixing”), modulating the laser’s optical output intensity at the Doppler frequency.
This modulation may be monitored using the power spectrum of the external photodiode
current or laser junction voltage signal. The frequency shift due to target motion is the
Doppler shift and is given by [51]:
∆f =
1
2pi
(ks − ki) · v , (4.1)
where ∆f is the Doppler shift in the frequency of the light, ks and ki are the wave vectors
of the scattered and incident waves, respectively, and v is the velocity vector of the target.
We used a rotating disk with a rough front surface (that is, the roughness was greater
than the laser emission wavelength) to create a laboratory environment in which a sta-
tionary distribution of velocities can be produced in a precisely controllable manner. In
practice, the Doppler spectrum of such a diffusive rotating disk has a Gaussian distri-
bution profile centered at the frequency one would expect from (4.1) [99]. The width of
this Gaussian is determined by a number of system parameters, which we investigate in
section 4.2.4.
Laser speckle is a random intensity distribution observable when laser light is incident
upon a diffusive surface [100, 101]. For a target that has roughness significantly greater
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than the laser wavelength, as is our situation, the speckle statistics do not depend on the
target characteristics. The speckle pattern can be modeled by spatial intensity distribution
functions in the planes perpendicular to the diffusive surface (longitudinal speckle) and
parallel to the diffusive surface (transverse speckle). For small longitudinal displacements,
as is our case, speckle has no discernible effect on the measured spectrum [102]. Our
target does have a component of velocity in the plane normal to the laser beam (and
therefore detection) axis. Thus the transverse speckle pattern will change in time and
therefore could have a discernible effect on the self-mixing signal we measure. However,
the power spectrum in the frequency domain due to this time-varying speckle pattern is
broadband and centered at 0 Hz [100]. The breadth of this dynamic speckle spectrum
ensures that its spectral density amplitude is small in comparison to the relatively narrow-
band fundamental Doppler peak, placing it below the typical noise floor of our apparatus.
Indeed, an LFI system measuring fluid velocity (which is similar to our considerations
in this article in many respects) has been modeled successfully considering only optical
system parameters without any speckle effects [80]. Therefore on the basis of previous
theoretical and experimental work, we take the effect of speckle to be small for our optical
configuration, and explore in detail the effect of optical system parameters on the self-
mixing signal.
In order to analyze the effect of system parameters on the Doppler spectrum, we
characterize it by three quantities:
1. Central Doppler frequency (the frequency at the center of the Gaussian distribution).
2. Full width at half maximum (FWHM) of the Gaussian distribution.
3. Signal-to-noise ratio (SNR).
Because of physical characteristics of the system such as target velocity and beam NA,
the FWHM is always non-zero [99]. Although this broadening can be viewed as reducing
the accuracy of the system, it nevertheless contains information about the system/target
characteristics. We define SNR here as the ratio of the peak power of the Gaussian
distribution to the power of the noise floor measured in the absence of target motion. The
noise floor depends on thermal, electrical, optical apparatus, and laser characteristics.
Experimental configuration and method
We used an 850 nm vertical-cavity surface-emitting laser (VCSEL) (Litrax Technology Co.,
Ltd.) with threshold and operating currents of 4 and 4.6 mA, respectively. The operating
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current was chosen to have the highest possible SNR whilst maintaining stable opera-
tion by avoiding polarization switching [103]. The divergence half-angle of this laser was
approximately 7 ◦.
To collimate and focus the laser beam, a pair of lenses of focal length 8 mm, clear
aperture of 8 mm, and NA of 0.5 were used (model C240TME-B, Thorlabs, Inc.). To avoid
strong harmonic levels [104] we placed a 30 dB attenuator in the path of the collimated
beam, giving a round-trip attenuation of 60 dB. The laser and lenses were mounted on
a computer controlled, motorized translation stage to facilitate scanning. The laser beam
was focused onto a diffusive rotating disk, which in turn was mounted on a servomo-
tor with an attached encoder (FAULHABER GmbH & Co.). The servomotor was able to
reliably produce angular velocities in the range from 0.14 to 2pi rad/s. The disk and ser-
vomotor were mounted on a motorized rotational stage to accurately control optical angle
of incidence. The VCSEL terminal voltage was amplified and then digitally sampled for
post-processing on computer. The fast Fourier transform of the laser terminal voltage was
averaged 16 times, with 2 × 104 samples and a 200 kHz sampling rate. A block diagram
of the experimental setup is shown in Fig. 4.7. A typical Doppler spectrum obtained from
this system will contain a fundamental Gaussian peak, where the frequency at the center
of the peak (which we refer to simply as the Doppler frequency) corresponds to the ve-
locity at the center of the laser spot on the target [99]. In addition, due to the non-linear
effects of LFI [104], experimental spectra often display Gaussian harmonics, centered at
multiples of the Doppler frequency.
We used a simple but effective procedure for extracting spectral characteristics from
experimental data as follows: a Savitzky–Golay filter was applied to smooth the spectra,
then the peak value was taken to correspond to the central Doppler frequency. The am-
plitude of the spectrum at this point was used to calculate SNR by comparing it to the
amplitude of the spectrum at the same frequency point in the absence of target rotation.
The FWHM was calculated by taking the point to the right of the Doppler frequency at
which the spectral power decreased by 3 dB from its maximum and multiplying it by two,
thereby avoiding potential difficulties which may arise with a simple Gaussian fit, for ex-
ample if the Doppler peak was very close to 0 Hz. This method is fast, easy to use, and
reliable to be used in this work.
As the simulated spectra were less noisy than the corresponding experimental spectra,
and moreover were devoid of non-linear effects due to LFI, a simple Gaussian fit to the
data was easy to use to extract relevant spectral simulated parameters.
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FIGURE 4.7: Block diagram of laser Doppler velocimetry apparatus.
Light scattering from a diffusive surface
The light scattering behaviour of our target needed to be known for the MC simulation.
The roughness of the target was greater than the wavelength of the laser we were us-
ing, and whilst Lambertian scattering behaviour may be generally expected, cases of en-
hanced backscattering have been reported in experimental [63] and theoretical [64] stud-
ies. This enhanced backscattering was indeed what we experimentally observed using
the apparatus shown in Fig. 4.8. By observing the intensity profile of the back-scattered
beam on the CCD camera we were able to discern the strength of the enhanced backscat-
tering relative to the strength of the Lambertian scattering. The target scattering behaviour
in the MC simulation was calibrated using these experimental measurements. Although
the enhanced backscattered beam does not completely maintain the polarization of the
incident beam, the resulting LFI signal can be cast as a superposition of its transverse
polarization states [105]. Also, regardless of the disk angle of inclination with respect
to the lasing axis α (see Fig. 4.8), the peak of the enhanced backscattering distribution
remains aligned with the lasing axis. As this scattering behaviour is target dependent,
it is important to characterize and incorporate it into the MC simulation. However, the
impact of optical system parameters on the Doppler spectrum investigated in subsequent
sections, whilst calibrated to this target, are expected to hold more generally.
Monte Carlo method
MC methods are a broad class of simulation techniques, which have been successfully
applied to problems in physics, engineering, finance, biology, medicine, and statistics [60].
They are especially applicable in the area of photon transport simulation in which one can
replace the radiative transfer equation by more flexible MC methods [96]. We employed
the standard MC practice of treating the laser beam as being comprised of a number of
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FIGURE 4.8: Block diagram of enhanced backscattering measurement apparatus.
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FIGURE 4.9: Flowchart of the MC photon transport simulation.
photons, each behaving as a standalone particle. Photons were launched from the lens
closest to the target with a Gaussian spatial probability distribution governed by the size
of the collimated beam incident upon the lens. The initial direction of each photon was
assigned by considering its position relative to the center of the lens, as well as the NA
and focal length of the lens, such that the spatial distribution of photons at the focal plane
of the lens was Gaussian with a width governed by Gaussian beam optics [106].
The target scattering behaviour was modeled with a probability density function com-
prised of a Lambertian component and an enhanced (direct) backscattering component,
the relative strengths of which were determined by the experimental measurements out-
lined in Sec. 4.2.3. Scattered photons were assigned a Doppler shift governed by Eq. (5.2),
and those that returned to the focusing lens were considered to contribute to the Doppler
spectrum. A flowchart of our MC model is shown in Fig. 4.9.
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4.2.4 Results
In this section we present the experimental and simulated results of varying a number of
optical system and target parameters. As there is a significant body of data, we dedicate
a subsection to each of the parameters studied. We present the raw data here and leave
discussion of overall implications for section 4.2.5.
Varying target angular velocity for fixed spot position
The angular velocity of the disk was varied by increasing the servomotor speed, thereby
increasing the linear velocity at the measurement point. Measurements were performed
at 11 different angular velocities from 0.22 to 5.56 rad/s. The focal length of the lens was
8 mm, the beam spot was located 20 mm above the disk center along the vertical axis,
and the angle of incidence was 15 ◦. The angular velocity was monitored by the motor
encoder. The experimental and simulated Doppler spectra are shown in Fig. 4.10(a) and
(b), respectively. As can be seen, the experimental and simulated results agree well.
Fig. 4.11(a) and (b) show trends in the FWHM and SNR, while Doppler frequency, as
expected, increases linearly with the disk angular velocity (trend not plotted). Based on
these trends, all of the Doppler signal characteristics depend strongly on the velocity as
indeed may be expected. Doppler frequency and FWHM increase, but SNR decreases
when velocity increases.
Varying laser spot position for fixed angular velocity
The focused beam spot was scanned over the central vertical axis of the disk, from the
disk center to its edge. The measurements were performed at 11 points at radial distances
from the disk center of 1 to 49 mm. Throughout this experiment, the angular velocity was
held constant at 1.53 rad/s, the focal length of the lens was 8 mm, and the angle of
incidence was 15 ◦. The linear velocity, vcent, which is the velocity of the disk at the center
of the beam spot can be calculated from vcent = rω, where r is the radial distance of
the beam spot center from the disk center and ω is the angular velocity of the disk. The
velocity will naturally increase as the spot moves closer to the disk edge, therefore having
an effect on the Doppler spectrum similar to the trend observed in this section.
The experimental and simulated Doppler spectra are plotted in Fig. 4.12(a) and (b),
respectively and the trends are plotted in Fig. 4.13(a) and (b) for FWHM and SNR, re-
spectively, while Doppler frequency, as expected, increases linearly with the laser spot
radial distance from the disk center (trend not plotted). Trends here are very similar to
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FIGURE 4.10: (a) Experimental and (b) simulated Doppler spectra varying angular velocity of
the disk. The peaks from left to right correspond to angular velocities 0.22, 0.44, 0.74, 1.30, 1.56,
2.20, 2.93, 3.77, 4.38, 5.12, and 5.65 rad/s.
FIGURE 4.11: Experimental (red solid triangles) and simulated (blue broken line) results for (a)
FWHM and (b) SNR vs. angular velocity of the disk.
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FIGURE 4.12: (a) Experimental and (b) simulated Doppler spectra varying the beam spot posi-
tion on the vertical disk axis with constant angular velocity. The peaks from left to right correspond
to beam spot positions of 1, 5, 10, 15, 20, 25, 30, 35, 40, 45, and 49 mm.
the trends in the previous subsection. However, by increasing the distance from the cen-
ter, the fractional change of velocity across the beam spot decreases. This effect will be
investigated in detail in Sec. 4.2.4.
Varying angle of incidence
The angle between the normal to the disk and the laser beam axis was varied over 8
different values from 3 ◦ to 36 ◦, (θ; see Fig. 1). At each angle, both the experimental
and simulated Doppler spectra were obtained and are plotted in Fig. 4.14(a) and (b). The
target was placed in the focal plane by adjusting the target distance from the laser to
achieve maximum signal strength. Experimental and simulated trends for Doppler fre-
quency, FWHM, and SNR with regard to angle of incidence are plotted in Fig. 4.15(a), (b),
and (c), respectively. Experimental and simulated trends agree well and it can be con-
cluded that as the angle increases, the Doppler frequency increases, the FWHM steadily
decreases, but SNR stays relatively constant. There are discrepancies between simu-
lated and experimental FWHM at approximately 11 ◦ and 36 ◦. This is possibly due to a
limitation in the manner in which the target scattering is modeled. The focal length of the
lens and angular velocity of the disk were 8 mm and 0.79 rad/s, respectively. The beam
spot was located 20 mm above the disk center.
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FIGURE 4.13: Experimental (red solid triangles) and simulated (blue broken line) results for (a)
FWHM and (b) SNR vs. the beam spot position on the vertical axis with constant angular velocity.
FIGURE 4.14: (a) Experimental and (b) simulated Doppler spectra for varying angle of inci-
dence. Lines, in both sub-figures, correspond to angles 3 ◦, 6 ◦, 11 ◦, 16 ◦, 21 ◦, 26 ◦, 31 ◦, and 36 ◦
from left to right.
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FIGURE 4.15: Experimental (red solid triangles) and simulated (blue broken line) results for (a)
Doppler frequency, (b) FWHM, and (c) SNR vs. angle of incidence.
Varying fractional change of velocity across the beam spot
In this section we investigate the effect of the fractional change of velocity across the
beam spot. The beam spot position was moved along the vertical axis of the disk, while
the linear velocity at the beam spot center was kept constant. The angular velocity ω
was adjusted to maintain the same Doppler frequency and therefore linear velocity at the
center of each spot position. We choose to divide the effect of changing this parameter
on the Doppler spectrum into two regimes — the regime when the laser spot is close to
the disk center, and the regime when the laser spot is distant from the disk center. We
term these regimes the close regime and distant regime, respectively, throughout the rest
of the paper. To quantify the fractional change of velocity across the beam spot, we define
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a fractional change ratio as:
F =
∆v
vcent
=
(vmax − vmin)
vcent
, (4.2)
where ∆v = (vmax − vmin) is the difference between the maximum and minimum linear
velocities of the disk surface within the spot and vcent is the linear velocity at the center
of the spot. For a focal length of 8 mm and collimated beam diameter of 1.96 mm, w0
was calculated to be 2.2 µm [106]. We define the boundary between close and distant
regimes at F = 0.1 (in this case corresponding to r = 44 µm); therefore, the close regime
has F > 0.1 and the distant regime has F < 0.1.
A Doppler frequency of 10 kHz and an incidence angle of 15 ◦ were maintained through-
out this section to ensure the velocity at the spot center remained constant. The maxi-
mum speed that the servomotor could reliably produce was 2pi rad/s. This meant that
the beam spot could not be closer than 3 mm to the disk center whilst maintaining the
same Doppler frequency. Thus, the close regime was studied only by simulation. The MC
simulation was performed at 5 steps from 5 to 70 µm from the disk center and the Doppler
spectra are plotted in Fig. 4.16 (a). The FWHM and SNR for the close regime are plotted
in Fig. 4.16(b). The boundary between the close and distant regimes is indicated by a
vertical line at r = 44 µm. It can be seen that the FWHM and SNR are strongly affected
in the close regime, where F is greater than 0.1. FWHM decreases while SNR increases
when the spot moves away from the center. On the contrary, no observable impact of
velocity gradient on the FWHM was observed for measurements performed in the distant
regime.
Varying beam NA
The NA of the beam is defined as NA = D/(2f), where f is the focal length of the lens
and D is the 1/e2 power diameter of the collimated beam when it crosses the objective
lens. The beam NA of the system was varied through using objective lenses with different
focal lengths. Changing the focal length of the lens also changes the beam spot size (1/e2
power diameter) on the disk. Simulation was performed for 5 different focal lengths from
8 to 24 mm. For the experimental validation of the results we refer to previous work which
is consistent with the simulation results in this section [99]. The diameter of the collimated
beam was 1.96 mm and the spot was positioned 20 mm above the disk center, with an
incidence angle of 15 ◦. Focal lengths of 8, 12, 16, 20, and 24 mm produce beam NAs of
0.12, 0.08, 0.06, 0.05, and 0.04, with beam spot sizes of 4.4, 6.6, 8.8, 11.1, and 13.3 µm,
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FIGURE 4.16: (a) Simulated Doppler spectra, varying fractional change of velocity across the
beam spot in the case where the spot is close to the disk center. The beam spot distances from
the center of the disk for widest to narrowest spectra are 5, 10, 20, 40, and 70 µm. (b) FWHM
(diamonds) and SNR (circles) simulation results vs. beam spot distance from disk center, varying
fractional change of velocity across the beam spot in the case where the spot is close to the disk
center. 44 µm lines show the boundaries between close and distant regimes.
respectively. The disk was positioned in the focal plane of each lens. The simulated
Doppler spectra for each of these different lenses are plotted in Fig. 4.17. Simulation
results FWHM and SNR are shown in Fig. 4.18, respectively, while Doppler frequency,
as expected, stays constant (trend not plotted). Based on these trends, it is seen that
while Doppler frequency stays the same, FWHM and SNR increase strongly with beam
NA. Although the effect of NA on spectral broadening is known [99], here we provide a
quantitative analysis of its effect.
Other contributions to the spectrum
In this section we study the effect of system imperfections — system vibration, target
surface profile, instability in target velocity, and laser linewidth.
Small mechanical vibration and target surface profile (imperfection in the flatness of
the target) were simulated as uncertainty in the position of the target along the laser beam
axis, with a maximum uncertainty of 10 µm. In both cases, the effect was a negligible
broadening of the Doppler spectrum on the order of a few hertz. Moreover, the Doppler
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FIGURE 4.17: Simulated Doppler spectra varying beam NA. The beam NAs used for the nar-
rowest to widest spectra are 0.04, 0.05, 0.06, 0.08, and 0.12.
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FIGURE 4.18: FWHM (diamonds) and SNR (circles) simulation results vs. beam NA.
frequency and SNR changes obtained by simulation were likewise negligible.
Instability in the disk velocity was simulated as random fluctuations with a Gaussian
distribution in the angular velocity of the disk, characterized by analyzing the servomotor
encoder signal via the fast Fourier transform. Instability in the disk velocity was measured
as decreasing linearly from 5 to 0.1 % of the average velocity as the servomotor average
angular velocity was increased from 0.14 to 2pi rad/s. In order to further study the effect
of velocity instability on FWHM, and to assist in the analysis of our other results, we use
and modify an expression from [99]:
FWHM ∝ NA v cos θ
λ
, (4.3)
where v is the linear velocity, θ is the angle of incidence shown in Fig. 4.7, λ is the
laser’s emission wavelength, and NA is the beam numerical aperture. From Eq. (4.3),
broadening is linearly proportional to disk velocity, and so additional broadening due to
instability in velocity will be fractionally proportional to the instability in velocity. As this
ranges from 5 to 0.1 % of the mean velocity, as stated above, the corresponding additional
broadening will also be 5 to 0.1 % of the nominal FWHM. To examine the analytical
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results through simulation, we included the measured instability in disk velocity into the
MC simulation by using a random angular velocity with Gaussian distribution, centered at
the mean velocity. As expected the simulation results showed small broadening in line
with the analytical results. Based on this simulation, the Doppler frequency and SNR
changes due to instability in disk velocity are considered negligible.
The VCSEL’s linewidth is in the range of tens of MHz, which is extremely narrow rela-
tive to its operating frequency of 350 THz (about 1 : 107) [67]. To examine the contribution
of the non-zero laser linewidth, instead of using a constant value as the photons’ fre-
quency in the MC simulation, we used a random frequency with Gaussian distribution
around the central emission frequency with a FWHM of 50 MHz. As expected, the results
showed negligible effects on the Doppler frequency, FWHM, and SNR. It is concluded that
non-zero linewidth has a minor effect on the Doppler spectrum.
4.2.5 Discussion
In this section we examine the morphology of the Doppler spectrum as evidenced in the
experimental and simulated results of the previous section. We classify the parameters as
having major or minor effects on the Doppler frequency, FWHM, and SNR, depending on
their significance in affecting each characteristic. Care must be taken when considering
our analysis in the context of LFI velocimetry system configurations that differ greatly from
our own, in terms of dimensions, target velocity range, beam NA, etc., since a parameter
that has a minor effect here could be important in a different system or vice versa.
The central Doppler frequency is representative of the velocity of the disk at the center
of the beam spot. This velocity and hence the disk’s angular velocity are easily obtained
from (5.2). The verification of the Doppler shift formula (5.2) is an expected outcome of
the experiments and simulation. The parameters having a major contribution to Doppler
frequency are target velocity and angle of incidence. The other parameters, which are
the fractional change in velocity across the beam spot, beam NA, system vibration, tar-
get surface profile, laser linewidth, and velocity instability have minor effects on Doppler
frequency. Trend in Doppler frequency for angle of incidence is plotted in part (a) of
Fig. 4.15.
The intrinsic characteristics and imperfections of the system result in spectral broad-
ening which we measure as FWHM. Velocity, spot position, angle of incidence, and beam
NA are the parameters that have a major effect on FWHM. When the angular velocity of
the disk increases, the FWHM will increase linearly as well, as shown in Fig. 4.11(a). The
effect of angle of incidence on FWHM shown in Fig. 4.15(b) can also be obtained from
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Eq. (4.3). The maximum FWHM occurs when θ is close to zero. When θ increases the
FWHM will decrease. Therefore, when the angle between beam axis and target changes
dramatically, a major variation in FWHM is observed.
All of the variables that could change the beam NA such as focal length, spot size,
objective lens diameter, have a major effect on FWHM. As can be seen in Fig. 4.18(a),
increasing the beam NA through reducing the focal length will result in an increase of the
FWHM. The direction of the photons’ ks and ki vectors depends on the beam NA of the
system. This has an obvious effect on the Doppler shift formula Eq. (5.2), so changing the
photons’ directions causes a significant shift in the frequency of the photons and major
broadening in the spectrum. Whenever beam NA increases or decreases, FWHM will
likewise increase or decrease consequently. It is clear and expected from theory that a
change in focal length results in a change in both NA and spot size. However, it is evident
from the experiments described in Sec. 4.2.4 that what truly impacts the spectrum is the
change in convergence angle due to NA.
The fractional change of velocity across the beam spot when the spot is close to the
disk center, with r < 44 µm, has a major effect on spectral broadening, whilst in the
corresponding distant regime, r > 44 µm, the effect is minor. Here, 44 µm is equal to
only ten times the beam spot diameter and is negligible when considering our system
dimensions.
However, this effect may be important in systems where the sensing volume is rela-
tively large and the fractional change of velocity across the beam spot is considerable,
as can be the case in microfluidic flowmetry systems [79]. In the distant regime, FWHM
varies little with radial distance while keeping the spot center linear velocity constant. Ex-
perimental values are quite consistent except at the two lower r values. The increased
FWHM at these points could be a result of increased noise due to speeding up the disk to
keep the linear velocity constant. The effect of the fractional change of velocity across the
beam spot on FWHM in the close regime can be seen in Fig. 4.16(b). It is shown by sim-
ulation that when the spot is very close to the disk center, the FWHM increases greatly.
System vibration, target surface profile, laser linewidth, and instability in disk velocity are
also among the parameters having a minor effect on FWHM. We note that our modified
Eq. (4.3) encapsulates most of the above major trends for spectral broadening.
Figs. 4.11 (b), 4.13 (b), and 4.15 (c) show the SNR to decrease with angular velocity,
beam spot distance from the disk center, and angle of incidence, respectively. In contrast,
SNR increases with beam spot distance from the disk center (in the close regime) and
beam NA, as shown in Fig. 4.16(c) and Fig. 4.18(b), respectively. For most of the system
parameters examined here, trends in SNR are in opposition to trends in FWHM. This is
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TABLE 4.1: Effect of system parameters on Doppler frequency, FWHM, and SNR. Major and
minor effects are shown by Xand 7, respectively.
Parameter Doppler freq. FWHM SNR
Incident angle X X 7
Velocity X X X
Velocity change (close) 7 X X
Velocity change (distant) 7 7 7
Beam NA 7 X X
System vibration 7 7 7
Surface profile 7 7 7
Non-zero linewidth 7 7 7
Velocity instability 7 7 7
consistent with the Gaussian Doppler component of the spectrum having constant power,
whereby broadening of the Gaussian distribution will lower the peak power (that is, the
power at the Doppler frequency). However, when beam NA increases, both the FWHM
and SNR will increase, perhaps due to an increase in effective collection solid angle.
Target velocity, spot position, fractional change of velocity across the beam spot when
the spot is close to the disk center, and beam NA have a major effect on SNR. On the
other hand, angle of incidence, fractional change of velocity across the beam spot when
the spot is distant from the disk center, system vibration, target surface profile, laser
linewidth, and velocity instability have a minor effect on SNR.
The effect from different parameters on the Doppler frequency, FWHM, and SNR of
our LFI velocimeter are summarized in Table 4.1. We note that when the effect of the
change in velocity distribution across the spot is small (i.e. in the distant regime), the
effect of varying the position of the laser spot on the disk as explored in Sec. 4.2.4 is
equivalent to simply changing the velocity of the disk.
4.2.6 Conclusion
In this work, experiments and accurate simulation of an LFI velocimeter have been per-
formed to analyze the morphology of the Doppler spectrum. Major and minor effects
on Doppler frequency, FWHM, and SNR are classified and discussed. The parameters
that have a major effect on the spectrum are angle of incidence, velocity, beam NA, and
fractional change of velocity across the beam spot when the spot is close to the disk cen-
ter. System vibration, target surface profile, instability in target velocity, laser non-zero
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linewidth, and fractional change of velocity across the beam spot when the spot is distant
from the disk center are all parameters with a minor effect on the Doppler spectrum. The
calibrated MC simulation technique used here was able to accurately reproduce experi-
mental Doppler spectra, and subsequently to investigate the detailed contribution of sys-
tem parameters to the Doppler spectrum which are difficult to isolate in experiment. The
analysis carried out here will enable more precise design of LFI velocimeters to isolate
or suppress particular effects. Moreover, the consistency of the calibrated MC simulation
technique with experiment used here lends weight to simulated output, enabling its use
for the analysis and rapid prototyping of more complex targets and systems in simulation.
4.3 Paper C
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4.3.1 Abstract
We present a laser Doppler perfusion imaging model to map the perfusion in melanoma
and non-melanoma skin cancers. We numerically investigate the use of neovasculariza-
tion as an early detection method using Monte Carlo method to simulate the interactions
of photons and skin tissue.
4.3.2 Introduction
Melanoma and non-melanoma skin cancers (NMSCs) have the highest incidence rate
among the white-skinned population and their incidence rate is increasing worldwide [107,
108]. Although NMSCs have a high cure rate, they are a heavy economic burden on the
health systems. Despite advances in treatments for skin cancer, early detection remains
the key to decrease mortality rate in all kinds of skin cancers [3] and reduce the chance
of metastasis. To develop an effective method for early skin cancer detection, we need to
study the biological traits of the cancer. Angiogenesis or neovascularization is amongst
the hallmarks of cancer growth [14]. Angiogenesis occurs in early stages of tumorous
growth and is the key mechanism for providing the oxygen and nutrition for the tumor-
ous cells and removing their waste. Angiogenesis is the result of endothelial sprouting
from the preexisted venules and it causes the microcirculation to show a series of struc-
tural and functional abnormalities [109]. Therefore monitoring skin perfusion can be a
potential strategy for early detection. Laser Doppler flowmetry as a well-established tech-
nique is considered as the first choice in perfusion imaging [54]. Although laser Doppler
perfusion imaging (LDPI) has been used in assessing perfusion levels in different skin
tumors [12,13], it hasn’t been considered seriously as an early skin cancer detection tool
yet. The lack of specificity and LDPI limitations are the main reasons for this. Develop-
ing a powerful model to describe photontissue interactions in a LDPI early skin cancer
detection system can help us in better understanding of the effect of different parameters
in biological micro regions on the perfusion image, and provide systematic investigations
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into the characteristics of the LDPI system. Here we developed an accurate Monte Carlo
model of a LDPI system and modeled skin tumors through their higher concentration and
velocities of red blood cells (RBCs).
4.3.3 Methodology
Our approach is to model the skin by six layers of tissue and include the abnormalities
of higher RBCs concentration and velocity to define tumorous tissue. The resulting pho-
tontissue interaction in an LDPI system with this skin model is then studied by means of
Monte Carlo simulation and raster scanning the light source to create a perfusion image
of the skin.
Laser Doppler Perfusion Imaging
A laser Doppler perfusion imaging device raster scans the laser beam over an area of in-
terest on the skin surface to map the blood perfusion. It can utilize two rotating mirrors to
scan the collimated beam or move the laser to scan the focused beam. Photons at proper
wavelengths with longer penetration depth will enter the tissue and hit the chromophores
and scatterers inside the tissue. Photons will be absorbed or scattered. The scattering
events can be either static or dynamic from fixed and moving scatterers, respectively. Dy-
namic scattering events cause a Doppler shift in the frequency of the scattered photons.
The Doppler shift will be calculated from the following formula:
∆f =
1
2pi
(ks − ki) · v , (4.4)
where ∆f is the Doppler shift in the frequency of the light, ks and ki are the wave
vectors of the scattered and incident waves, respectively, and v is the velocity vector
of the moving scatterer. Backscattered photons from the skin tissue will be collected.
Doppler power spectrum is derived by applying fast Fourier transform on the time domain
photocurrent signal. Perfusion is proportional to the first momentum of the Doppler power
spectrum:
Perf ∝
∞∫
0
ωP (ω)dω , (4.5)
where ω is the angular frequency and P (ω) is the Doppler power spectrum. By measuring
the perfusion at each point in a raster scanning mode, we can map the blood perfusion
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FIGURE 4.19: The schematic view of the six-layer skin tissue with the cylindrical tumorous area
in the second layer.
image of the skin.
Monte Carlo
Our skin model in this work is based on a model presented by Fredriksson et al. [110].
This is a six-layer skin tissue model. Each layer contains three types of low, mid, and
high velocity blood components of 0.3, 3.0, and 30 mm/s, respectively. Names and thick-
nesses of the layers from top to bottom are as follows: epidermis 75 µm, papillary dermis
150 µm, superior blood net 150 µm, reticular dermis 800 µm, inferior blood net 400 µm,
and subcutis 2000 µm. Melanin as the main absorber exists only in the outer layer of
epidermis. The Gegenbauer kernel phase function with αGk = 1 and gGk = 0.948 is con-
sidered as the backscattering phase function of the photons from the RBCs [110]. In our
model photons are launched in a focused beam format with a hyperboloid shape to re-
semble a Gaussian beam [61]. Variance reduction is undertaken to focus on the Doppler
shifted photons [110]. The potential tumor is defined as cylindrical area with higher RBCs
concentration and velocities. Its radius and thickness are 3 and 0.15 mm respectively. It
is located in the depth of 75 to 225 µm in the papillary dermis layer. A schematic of the
mode structure is shown in Fig. 4.19.
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FIGURE 4.20: Perfusion maps of three types of skin lesions with RBCs concentrations of (a)
two (b) four and (c) six times higher than normal and velocities of 1.5 times higher than normal.
4.3.4 Results and Discussion
Stu¨cker et al. measured the perfusion of malignant and benign skin lesions [12, 13].
Based on their measurements, basal cell carcinoma, melanocytic nevus, and malignant
melanoma have higher perfusion levels of about two, four, and six times the normal per-
fusion of the surrounding tissues [12]. Considering these measurements we modeled
three types of precursors with different levels of RBCs concentration and velocities. Con-
centrations of two, four, and six times the normal volume concentration of 0.2 % and the
velocities of 1.5 times the normal velocity of 0.3 mm/s have been studied. Resulted per-
fusion maps are depicted in Fig. 4.20 in a 25 by 25 steps scan images. The only blood
component in the papillary dermis layer is the low velocity components of 0.3 mm/s with
the concentration of 0.2 % volume [110].
As depicted in Fig. 4.20 the higher RBCs concentration and velocities in the model
result in higher perfusion. All the images are normalized to their maximum values and the
study is based on relative values more than absolute values. Absolute perfusion unit is
one of the challenges in LDPI systems and one of the merits in LDPI early skin cancer
detection is that there is no need to distinguish between the effects of RBCs concentra-
tion and velocities as both of them exist in a tumorous precursor and relative comparison
between the lesion area and surrounding normal tissue is enough in diagnosis purposes.
RBCs in this model are randomly scattered in the tissue and their velocity directions are
randomly distributed in the space with an even distribution. As seen in Fig. 4.20 increas-
ing the RBCs concentration and velocities even in low levels is detectable in the perfusion
maps. This simulation model is useful in sensitivity and specificity evaluation and to com-
pare the effect of RBCs concentration and velocities on the perfusion map separately.
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4.3.5 Conclusion
We studied laser Doppler perfusion imaging as a potential early skin cancer detection
method. Photons tissue interaction was studied using a Monte Carlo simulation which
enables us to study the effects of biological micro regional parameters on the perfusion
map and explore the systems features, systematically.

Chapter 5
5. Concurrent Laser Doppler Flowmetry
and Confocal Reflectance Imaging
This chapter includes papers D and E. Paper D for the first time proposes concurrent
acquisition of confocal reflectance microscopy and laser Doppler flowmetry using an inte-
grated and compact LFI system. Both confocal reflectance microscopy and laser Doppler
flowmetry are well-established non-invasive techniques which have been used in the area
of optical imaging during the past few decades. This dual-modality imaging system not
just improves the contrast and signal to background ratio of the images, but also provides
functional and morphological information of the blood perfusion and optical properties of
a sample at the same time. Although in this paper we applied the idea experimentally to a
microfluidic channel containing a dynamic turbid flow, this combination technique can also
play an important role in skin cancer detection, as it is discussed numerically in paper E.
This paper delves into the details of the biology of skin cancer and the characteristics of
the affected tissue. The use of different modalities such as Doppler flowmetry and confo-
cal reflectance and the effectiveness of dual-modality imaging in the area of skin cancer
detection are also included in this paper. In this paper, physiological changes that occur
in melanoma and keratinocyte skin cancers are discussed. The proposed combinational
technique is then applied numerically to provide images from two typical models for ker-
atinocyte skin cancers, grouped as mild and severe cases, to evaluate the improvement
in the imaging due to the application of the new technique. A numerical melanoma model
is excluded as it has a different geometrical shape compared to keratinocyte skin cancer,
but results are extendable to melanoma as well.
Angiogenesis or neovascularization is one of the biomarkers of cancer [14]. This ab-
normal blood activity can be detected by monitoring blood perfusion using a laser Doppler
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flowmetry. On the other hand, cancerous activity changes the morphology of the affected
tissue and its optical properties [11] which can be monitored by a confocal reflectance
microscope. Therefore, an integrated LFI which is able to image both laser Doppler
flowmetry and confocal reflectance microscopy at the same time, has the capacity to
reveal information about both biomarkers at the same time. Applying this technique to
skin cancer detection experimentally could effectively improve skin cancer detection.
5.1 Paper D
Mowla, Alireza and Taimre, Thomas and Lim, Yah Leng and Bertling, Karl and Wil-
son, Stephen J. and Prow, Tarl W. and Rakic´, Aleksandar D, “A Compact Laser Imaging
System for Concurrent Reflectance Confocal Microscopy and Laser Doppler Flowmetry,”
IEEE Photon. J. 8, 3900709, (2016).
5.1.1 Abstract
We propose a compact laser feedback interferometry imaging system for concurrent re-
flectance confocal microscopy and laser Doppler flowmetry. This system acquires both
confocal reflectance and Doppler signals in a confocal architecture to image dynamic tur-
bid media with higher contrast than a system operating in either modality, and is coherent
in nature. In a confocal optical configuration, reflectance confocal microscopy provides
information about scattering from within a small volume centered around the focal point
of the confocal system, and laser Doppler flowmetry provides information about the ve-
locity of moving scatterers within the same volume. Raster scanning the sample enables
the concurrent creation of two images, containing independent information, from a well
specified depth within the sample. Concurrent spatial mapping of these independent
sensing modalities affords improvement in the capability of the imaging system by obtain-
ing additional information from both morphological and functional features of the dynamic
turbid medium, at depths penetrable by near-infrared lasers. We realize the idea using
a laser feedback interferometry imaging system scanning a microfluidic channel which
contains a dynamic turbid medium. We show the effectiveness of this integrated imager
quantitatively through the improvement of the signal to background ratio of a combined
(multiplication) image.
5.1.2 Introduction
Two major optical imaging techniques used in non-invasive biological diagnostic prac-
tices are reflectance confocal microscopy (RCM) [31, 111] and laser Doppler flowmetry
(LDF) [13, 15, 16]. RCM and LDF images spatially map the contrast in optical prop-
erties and blood microcirculation of the biological tissues, respectively. Optical prop-
erties, such as scattering and absorption coefficients and optical refractive index, are
morphological biomarkers which can be mapped by measuring the optical reflectance in
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RCM [31, 111, 112]. Blood microcirculation is a functional biomarker which can be quan-
tified and imaged by LDF [16,113]. Both can be considered as biomarkers for identifying
deformity and abnormal activity in the tissue caused by a disease [13,31].
Although reflected signals from dynamic turbid media contain information about both
the reflectance intensity and Doppler, laser imaging systems normally record one of these
modalities at a time. For instance, Wardell et al. considered the influence of tissues’ op-
tical properties on the Doppler signal, manifested through backscattering level, as a nui-
sance and ignored it by normalizing the photodetector signal to the average photocurrent
and neglecting the dc part of the signal [16]. However, this neglected information is in fact
the reflectance of the laser beam.
The combination of imaging modalities has previously been explored: for example,
combining optical coherence tomography with Doppler flowmetry [50] or multispectral re-
flectance imaging with laser speckle flowmetry [114]. Furthermore, laser reflectance and
Doppler images of the same tissue were provided using separate systems for the pur-
pose of comparison [115]. Despite this, the authors remain unaware of any work to date
that simultaneously extracts and utilizes both confocal reflectance and Doppler flowmetry
parts of the signal in an integrated confocal laser imaging system.
In a confocal optical configuration, RCM provides information about scattering from
within a small volume centered around the focal point of the confocal system, effectively
suppressing reflection from the surface of the sample (as well as from outside this small
volume). The measured signal is usually referred to as the RCM signal [31] and it pro-
vides information from a well specified depth within the sample, being entirely different
from the conventional image of the sample surface. While the RCM signal provides in-
formation about morphology of the sample, the LDF signal provides information about
the spatial distribution of velocities of moving scatterers within the sample. In this article,
we obtain both of these signals concurrently using an laser feedback interferometer in a
confocal optical configuration.
A laser feedback interferometry (LFI) imaging system works based on self-mixing ef-
fect [9, 10, 71, 116], and has already been used in reflectance imaging [117, 118] and
Doppler imaging systems [81]. This technique has a simple, easy to align, and inex-
pensive configuration, wherein the laser serves as both transmitter and receiver. Images
provided by this system can then be combined (e.g. added or multiplied) or interpreted
separately to improve the sensitivity of the imaging system. To the best of our knowl-
edge, this work is the first time that both confocal reflectance and Doppler modalities are
used in an integrated confocal laser imaging system to generate two independent images
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concurrently. This paper is structured as follows: We discuss experimental details in sec-
tion 5.1.3 describing the method and technical considerations, section 5.1.4 presents sig-
nal processing procedures, section 5.1.5 contains results and related discussion, which
is followed by conclusions in section 5.1.6.
5.1.3 Experimental Details
Our compact laser imaging system to realize the idea is a confocal LFI imaging appara-
tus [9,10,71] in an LDF implementation. This simple system has previously been used to
monitor blood perfusion [9, 97]. In an LFI system, a portion of the emitted beam reflects
back from the target, re-enters the cavity, mixes with intracavity field, and modulates the
optical power, causing interference inside the laser cavity. Therefore, in this system the
laser acts as both transmitter and receiver. The remote target forms an external cav-
ity and any changes in the characteristics of this external cavity, either attributed to the
dimensions of the external cavity or the behavior of the target, give rise to perturba-
tions in the laser’s optical and electrical properties. By monitoring the laser output power
or terminal voltage (which is proportional to the output power), these changes can be
sensed [10,119,120].
In this paper, changes of interest are target’s reflectivity level and Doppler shift in the
beam frequency. In order to experimentally demonstrate the technique, we require a
dynamic turbid medium as a target which contains moving particles and possesses differ-
ent optical properties with respect to a substrate. An optically turbid medium is a partially
transparent material containing randomly distributed scatterer and absorber particles with
scattering coefficient well above absorption coefficient so that light will be diffused when
passing through such a medium. A dynamic turbid medium is an optically turbid medium
that contains both moving and static particles.
We employed a fairly simple target to act as a biological tissue phantom. The target
used was a microfluidic channel containing diluted milk flow which is commonly used as
a test bed for such systems [121]. Homogenized milk has been used frequently as a
blood phantom in modeling biological tissues as its fat particles mimic red blood cells
in size and optical properties [85]. Homogenized milk also has high scattering and low
absorption coefficients in the near-infrared range which are close to those of blood.
In this laser imaging system, moving fat particles will produce a Doppler shift in the
beam frequency and the optical properties of the emulsified solution will generate a differ-
ent confocal reflectance pattern with respect to the surrounding area of the flow channel,
which is a transparent amorphous polymer called Zeonor.
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FIGURE 5.1: Laser feedback interferometry imaging set up as an integrated reflectance confocal
microscopy and laser Doppler flowmetry imaging system.
FIGURE 5.2: Two inlet rhombic microfluidic channel. Flow is pushed through from inlet a when
a stop valve is placed on b. Red shaded square shows the scan area and signal to background
ratio is calculated along the blue broken line.
Figure 5.1 shows the LFI imaging set up. An 850 nm vertical cavity surface emitting
laser (VCSEL) (Litrax Technology Co., Ltd.) was used in this system. This wavelength is
particularly interesting in biological applications as water has a low absorption coefficient
at 850 nm. The VCSEL was operating at 3.55 mA, just above the threshold current, which
was about 3.4 mA under the feedback regime, and the beam half divergence angle was
about 7 degrees. The VCSEL’s temperature was controlled at 35°C as the self-mixing
signal was stronger and more stable at this temperature [122]. A pair of lenses with focal
lengths of 8 mm, clear apertures of 8 mm, and numerical apertures of 0.5 were used to
collimate and focus the beam (model C240TME-B, Thorlabs, Inc.).
We used a two inlet microfluidic rhombic chamber chip (microfluidic ChipShop GmbH,
product code: 12-0904-0172-05) as the target, shown in Fig. 5.2, containing a homoge-
nized diluted milk flow. We diluted milk by adding two portions of distilled water to one
portion of milk. The chamber capacity, depth, and width were 120 µL, 500 µm, and
6.5 mm, respectively. The microfluidic chip was made of Zeonor with a top lid thickness of
188 µm. We focused the beam approximately into the middle of the microfluidic channel
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FIGURE 5.3: Cross-sectional view of microfluidic channel. The channel has a depth of 500 µm
with 188 µm thick walls made of Zeonor. A focused laser beam is projected into the channel to
measure confocal reflectance and Doppler signals due to diluted milk flow at the velocity of ~V (gray
arrows). The focused beam has a sensing volume as defined by the gray ellipse. The insets show
i) LFI signal containing LDF spectrum and RCM signal obtained from the LFI sensor. ii) depicts
the LDF spectrum and iii) the RCM signal, which are both derived from i).
at the depth of about 440 µm from the top surface of the channel.
Figure 5.3 shows the side view of the microfluidic channel including the focused beam.
The direction of diluted milk flow and position of the focal point and sensing volume in the
center of the microfluidic channel are schematically depicted. The LFI signal contains
both LDF and RCM information pertaining to the sensing volume, and is separated into
an LDF spectrum and an RCM signal.
To create an intentionally uneven flow distribution in the channel, we put a stop valve
on one of the inlets and pushed a 2:1 distilled water-milk solution through the channel
using a syringe pump with a flow rate of 400 µL/min. Fluid enters the channel from
inlet a in Fig. 5.2. The high flow rate and channel size results in a velocity gradient
in the flow channel. We expect an even map from the confocal reflectance signal as
optical properties stay the same over the whole scan area of the diluted milk. Thus, this
non-uniformity of flow in the rhombic channel permits one to readily distinguish between
confocal reflectance and Doppler maps. To generate the images, we used motorized two-
axis translation stages (Zaber Technologies Inc.) to move the microfluidic channel so that
the beam scans the channel in a raster fashion. We raster scanned an area of 8×8 mm2
in 62×62 steps (at 130 µm pitch), depicted as the shaded area in Fig. 5.2. This area
covers the entire channel width of 6.5 mm.
Photons collide with moving particles and are scattered. In a turbid medium the num-
ber of scattering events is well above the number of absorption events so that the photons
will be diffused and travel in randomized directions. After each collision with a moving
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scatterer a shift occurs in the photon’s frequency which is equal to the Doppler shift. The
effect of the optical system on the Doppler spectrum in an LFI system has been studied
in previous work [120]. In the case of multiple dynamic scattering events, an accumulated
shift occurs in the frequency of the photon and it becomes challenging to quantify the
velocity of dynamic scatterers in absolute terms. Therefore, we compute a Doppler signal
(which is a measure of perfusion), which is proportional to the product of the root-mean-
square of the scatterer’s velocity and concentration [123]. This signal is normalized to its
peak value and expressed in arbitrary units, and we refer to it as the Doppler signal.
We used the first moment of the power spectrum to extract the Doppler signal, calcu-
lated as follows:
Perf ∝
∞∫
0
ωP (ω)dω , (5.1)
where ω is the angular frequency and P (ω) is the Doppler power spectrum.
In our scheme the beam axis is normal to flow and the resultant frequency spectrum
is a broadened Doppler spectrum around zero. This scheme is different from conven-
tional LDF systems, which work at a slanted angle with respect to the flow target. This
scheme was chosen because perpendicular laser imaging systems are more desirable in
biomedical applications [124].
We obtained the signal from the VCSEL junction voltage which was proportional to the
optical output power [77], for simplicity, using less components, and having access to a
broader bandwidth [119]. Because the laser was noisy at dc or low frequencies [122], we
needed to modulate the beam at a higher frequency to extract the confocal reflectance
signal. So we used an optical chopper as a mechanical modulator, shown in Fig. 5.1,
to modulate the laser beam in the collimated path. Optical chopper blades modulated
the beam at a frequency of 877 Hz, resulting in a time-domain signal containing two volt-
age levels, corresponding to two different feedback levels [125]. The number of photons
which make their ways back to the laser cavity is a measure of the steady state confocal
reflectance. LFI signal was obtained from the VCSEL junction voltage fed into a 16-bit
data acquisition card after AC-coupled amplification. The sampling rate was 60 kS/s and
the number of samples used was 12 kS. We applied the fast Fourier transform to the
sampled time sequence to convert the time domain signal to a frequency domain signal
and used a Savitzky–Golay filter in Matlab to smooth out the signal and reduce the level
of noise.
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5.1.4 Signal Processing
To discuss how the signal was processed in order to prepare images, Figs. 5.4 (a)–(c)
are included showing three sets of frequency (obtained from fast Fourier transform) and
time domain signals from three typical states of the target as: (a) signal from a flow area
which includes both confocal reflectance and Doppler, (b) signal from a point outside the
flow area including a weak specular reflection from the surface of the microfluidic channel,
and (c) signal in the absence of the target (noise floor). Red and green broken lines in
Fig. 5.4 are filtered Doppler power spectrum of the LFI signal and noise floor, respectively.
This filtered Doppler power spectrum [e.g. the red broken line as annotated in Fig. 5.4 (a)]
was taken as the power spectrum in Eq. (5.1). Doppler signal was then calculated as a
discretization of Eq. (5.1) using the filtered Doppler power spectrum. As was previously
mentioned and can be seen in Fig. 5.4 (a), the Doppler power spectrum is a broadened
spectrum around the frequency of zero, as the laser beam axis was perpendicular to the
surface of microfluidic channel in our scheme. The confocal reflectance signal was calcu-
lated as the magnitude of the first harmonic in the frequency domain signal with respect
to the noise level, as annotated in Fig. 5.4 (a). The first harmonic occurs at the frequency
of 877 Hz (optical chopper frequency), and higher harmonics due to square modulation
of the beam are visible at integer multiples of this frequency. Confocal reflectance and
Doppler data can also be interpreted from the time domain signal. For instance, time do-
main signal in Fig. 5.4 (a) has two levels. Low level shows the noise (obstructed beam),
as annotated in Fig. 5.4 (a), while high level contains both the Doppler information, which
is the fluctuations on top of the average high level signal as annotated in Fig. 5.4 (a),
and steady state confocal reflectance information, which is the average magnitude of the
high level signal. The signal in part (b) of Fig. 5.4 does not contain Doppler information
whereas it encodes weak reflectance coming from the surface of the microfluidic chan-
nel. This reflectance can again be determined by measuring the magnitude of the first
harmonic in the power spectrum and it generates a noisy background around the fluid
channel. The signal in part (c) of Fig. 5.4 does not contain any confocal reflectance or
Doppler information.
5.1.5 Results and Discussion
Normalized scan results are shown in Fig. 5.5. Maps are normalized to the maximum
values of the signal at each part. Figure 5.5 (a) shows the Doppler flowmetry map of the
scan. As expected the flow has a higher rate on the lower side of the channel as it enters
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FIGURE 5.4: Frequency and time domain signals from three typical states of the target as (a)
signal from a typical flow area, (b) signal from a point outside the flow area, and (c) signal in
absence of the target (noise). Red broken lines are the Savitzky–Golay filtered power spectrum
and green broken lines are the Savitzky–Golay filtered power spectrum in the absence of target
which shows the noise floors.
from inlet a in Fig. 5.2. The area near the input of the rhombic channel has the highest
flow rate in this image. Figure 5.5 (b) shows the confocal reflectance image from the same
scan. These two images are formed concurrently, resulting in two clearly different maps,
one containing the Doppler present in the mapped region [Fig. 5.5 (a), directly related to
the velocity of the turbid medium] and the other containing information about the level of
back-reflected signal [Fig. 5.5 (b), directly related to the optical properties of scatterers].
As expected, confocal reflectance stays at almost the same level over the entire channel
because the optical properties of diluted milk remains uniform regardless of the flow rate.
Figure 5.5 (c) shows the combination map which is formed by adding (a) and (b) pixel
by pixel. The combined image contains information from both modalities. Hence, loss
of data in one modality will not result in a catastrophic loss of contrast in the combined
image. To reduce the level of background signal (noise), we can multiply (a) and (b)
pixel by pixel. This multiplication image is shown in Fig. 5.5 (d). Multiplying the images
reduces the noise markedly. Although it is clear that noise in (d) is lower than noise in
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FIGURE 5.5: Normalized scan results and images of (a) Doppler flowmetry, (b) confocal re-
flectance, (c) addition (of the images in a and b), (d) multiplication(of the images in a and b), (e)
Doppler flowmetry (image a) with a limited range, and (f) multiplication (image d) with a limited
range.
(b), it is hard to notice this improvement with respect to (a). Therefore, both (a) and (d)
are shown with a limited range in (e) and (f), respectively. From (e) and (f), it is clear that
multiplication markedly reduces the noise level compared to the Doppler image. Although
the noise of the Doppler signal outside of the channel is not high in this experiment, this
noise reduction technique could be of great benefit for biological samples.
To quantify the improvement in the sensitivity or contrast of the multiplication image,
we define a signal to background ratio (SBR) parameter as the average signal inside the
channel (flow region) to the average signal outside the channel. We calculated the aver-
age signal level along the all scan lines parallel to and to the left of the blue broken line in
Fig. 5.2. Blue, green, and red broken lines in Fig. 5.6 show the average Doppler, confocal
reflectance, and multiplication signals, respectively. There are 62 pixels along the blue
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FIGURE 5.6: Average signals on the lateral scans of the microfluidic channel over the rectangu-
lar area (along the blue broken line in Fig. 5.2). Blue, green, and red broken lines show average
Doppler, confocal reflectance, and multiplication signals, respectively.
broken line in Fig. 5.2, so the SBR was calculated as the average of the signal from the
channel or flow area, pixels 8 to 56, to the average of the signal from outside the flow
area, pixels 1 to 7 and 57 to 62. The SBRs for average Doppler, confocal reflectance,
and multiplication signals are 6.8, 2.0, and 13.7, respectively. Therefore, the improve-
ment in the SBR of the multiplication image compared to Doppler flowmetry and confocal
reflectance images are 2.0 and 6.9, respectively.
5.1.6 Conclusions
A compact LFI system and scheme for concurrent RCM and LDF imaging of dynamic tur-
bid media was proposed. In a confocal optical configuration, RCM provides information
about scattering from within a small volume centered around the focal point of the confocal
system, and LDF provides information about the velocity of moving scatterers within the
same volume. Raster scanning the sample enables the creation of two images, contain-
ing independent information, from a well specified depth within the sample. This permits
one to take advantage of both imaging modalities, and we believe this technique can be
used to improve the capability of an integrated confocal laser imaging system. We ex-
perimentally demonstrated the applicability of the technique on a simple tissue phantom.
The transition to real human tissue requires fast scanning but is otherwise fundamen-
tally straightforward. Such rapid scanning could be achieved by replacing the mechanical
translation stage with a fast scanning mirror. A study reporting on an LFI imaging em-
bodiment of this technology has recently been reported in [126]. By conducting simple
mathematical operations on the concurrently-obtained images, we can create combined
images with increased contrast or sensitivity. For a combined image formed by direct
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pixel-by-pixel multiplication, we demonstrated a minimum improvement factor of 2 in the
signal to background ratio when compared to each of the individual images.
5.2 Paper E
Mowla, Alireza and Taimre, Thomas and Lim, Yah Leng and Bertling, Karl and Wilson,
Stephen J. and Prow, Tarl W. and Soyer, H. Peter and Rakic´, Aleksandar D, “Concurrent
Reflectance Confocal Microscopy and Laser Doppler Flowmetry to Improve Skin Cancer
imaging: a Monte Carlo Model and Experimental Validation,” Sensors 16, 1411 (2016).
5.2.1 Abstract
Optical interrogation of suspicious skin lesions is standard care in the management of
skin cancer worldwide. Morphological and functional markers of malignancy are often
combined to improve expert human diagnostic power. We propose the evaluation of the
combination of two independent optical biomarkers of skin tumours concurrently. The
morphological modality of reflectance confocal microscopy (RCM) is combined with the
functional modality of laser Doppler flowmetry, which is capable of quantifying tissue per-
fusion. To realize the idea, we propose laser feedback interferometry as an implemen-
tation of RCM, which is able to detect the Doppler signal in addition to the confocal re-
flectance signal. Based on the proposed technique, we study numerical models of skin
tissue incorporating two optical biomarkers of malignancy: (i) abnormal red blood cell
velocities and concentrations and (ii) anomalous optical properties manifested through
tissue confocal reflectance, using Monte Carlo simulation. We also conduct a laboratory
experiment on a microfluidic channel containing a dynamic turbid medium, to validate the
efficacy of the technique. We quantify the performance of the technique by examining
a signal to background ratio (SBR) in both the numerical and experimental models, and
it is shown that both simulated and experimental SBRs improve consistently using this
technique. This work indicates the feasibility of an optical instrument, which may have a
role in enhanced imaging of skin malignancies.
5.2.2 Introduction
Melanoma and keratinocyte skin cancers (KSCs) are the most common types of cancers
affecting fair-skinned populations [107, 127, 128] with incidence increasing about 4% per
year worldwide [129]. Although the cure rate is high in KSCs, such as basal cell carcinoma
(BCC) and squamous cell carcinoma (SCC), they can become aggressive [128–130].
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Squamous cell carcinoma, responsible for about 20% of KSCs, is associated with moder-
ate risk of metastasis [128, 129]. Basal Cell Carcinoma (BCC) constitutes approximately
80% of KSCs, and although metastases are rare, BCC still imposes a significant burden
of disease [128,129]. To alleviate this burden, early non-invasive detection schemes are
required.
Most of the technical developments in non-invasive skin cancer detection are based
on imaging reflected light from the skin surface or deeper tissues and examination of the
image by an expert clinician. These images are interpreted on the basis of structural
or functional changes manifest in the optical properties of skin tissue due to neoplas-
tic changes. Changes in optical properties (scattering and absorption coefficients) of
neoplastic tissue are due to morphological, molecular and ultrastructural changes [17].
Optical properties of normal skin have been extensively studied [131], and a comparison
between healthy and neoplastic skin lesions has been studied in other work [11]. Dif-
fuse reflectance spectroscopy was used to study the light reflectance from tumourous
tissues [132, 133]. Furthermore, reflectance confocal microscopy (RCM), which can be
used in reflectance mode for in vivo applications [36, 40], evolved to be one of the most
promising skin cancer detection tools [31–35]. RCM increases the contrast of a micro-
scope image, provided from within a specimen, by restricting the observed volume.
Other biological traits can be used in early detection of cancers. One of the hallmarks
of cancer is angiogenesis [14], as vasculogenic tumour cells cause neovascularization,
which plays an important role in tumour growth and cancer metastasis [55,56]. Angiogen-
esis occurs very early in the multi-stage development of invasive cancers, and it can be
attributed to the microscopic premalignant phase of neoplastic progression [14]. There-
fore, using a technique such as laser Doppler flowmetry (LDF), a well-established blood
perfusion measurement technique [54], to map skin blood perfusion in benign and ma-
lignant skin tumours, has potential as a tool in early skin cancer detection [12, 13, 57].
LDF has previously been used for cancer detection purposes and in diagnosing other
diseases. Stu¨cker et al. investigated the possibility of differentiating between benign and
malignant skin tumours by assessing the level of microvascularization using laser Doppler
perfusion imaging [12, 13, 58]. Saravanamuthu et al. used laser Doppler perfusion imag-
ing of vulval skin blood flow to demonstrate abnormal perfusion in vulval cancer [134].
Seifalian et al. examined breast skin perfusion in cases of underlying breast cancer with
the hypothesis that increased regional metabolism will result in higher perfusion. It was
shown that breast cancer causes higher perfusion in breast skin [15]. This modality suf-
fers from limitations, such as low specificity, because other peripheral vascular diseases,
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such as diabetes, arteriosclerosis and vasospastic conditions, can cause similar distur-
bances in the skin perfusion [16].
In brief, all of the aforementioned techniques suggest that optical biomarkers of ma-
lignant changes in skin, used for detection purposes, can be roughly separated into two
groups: one related to morphological changes in the skin tissue (quantified through tech-
niques, such as RCM) and the other related to functional changes, such as blood flow
(quantified through techniques, such as LDF). The purpose of this work is to combine
these two modalities to improve the efficacy of the imaging system. The combination
of multiple imaging modalities to improve imaging efficacy has been explored previously
in the literature. Chen et al. proposed a method that combines the optical coherence
tomography and LDF to measure the blood perfusion and tissue structure at the same
time [50]. Yaroslavsky et al. combined multispectral polarized light imaging and confocal
microscopy to localize KSCs more accurately [135].
Our approach to combine RCM and LDF is to employ a special configuration for RCM,
which is able to pick up the Doppler shift in the frequency of the laser beam. We propose
to use a laser feedback interferometry (LFI) system for this purpose. This technique is
based on interferometry, which is one of the methods that can be used to extract the
Doppler signal. By using LFI in a confocal configuration using a vertical-cavity surface-
emitting laser (VCSEL), both confocal reflectance and Doppler flowmetry signals can be
acquired concurrently in the same scan without changing the hardware. In the system,
the aperture of the VCSEL acts as an RCM pinhole and defines the sensing volume (the
lateral resolution and the depth of field of the instrument). The back-reflected beam then
interferes with the intra-cavity field to give rise to the Doppler signal. An LFI system is
a compact sensing tool which is based on the self-mixing effect [8–10, 71, 136]. It has
been previously used for confocal reflectance [117, 118] and Doppler flowmetry [81, 121]
imaging purposes.
We examine the proposed technique numerically by applying it to typical simulated
models of KSCs, carried out by means of Monte Carlo algorithms specifically adapted
for this application, and experimentally by conducting an experiment using an LFI system
providing in-depth images of a dynamic turbid medium flowing in a microfluidic channel.
We define a signal to background ratio (SBR) parameter to quantify the improvement in
the contrast of an image resulting from the multiplication of the RCM and LDF images.
There is consistency between simulated and experimental results, and it is shown that
SBR for combination images improves significantly in both simulated and experimental
studies. The common sensing platform for both measures being LFI, provides an imaging
technique where both the confocal reflectance and Doppler flowmetry images can be
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acquired concurrently during one single scan. Such an image can be used to discriminate
between changes in the blood content and optical properties of skin tumours.
The paper is structured as follows: We discuss the methodology in Section 5.2.3, de-
scribing confocal LFI, LDF and Monte Carlo simulations in its subsections. Section 5.2.4
presents the results of the simulated skin tumour models. Section 5.2.5 and its subsec-
tions describe the experimental setup, technical considerations and results. This section
is followed by the discussion in Section 5.2.6, and finally, we give the conclusion.
5.2.3 Methodology
Our approach to study the technique is through Monte Carlo simulation of photon-tissue
interactions and experimental validation by examining a microfluidic channel containing
a dynamic turbid medium. Our numerical configuration consists of tumourous skin mod-
els and a confocal LFI optical system [8, 10, 81, 120, 137]. We described skin using a
six-layer model, and tumourous regions were included as areas with enhanced red blood
cell (RBC) activity and altered optical properties. We considered two typical models for
skin tumours, and the characteristics of these typical types of skin cancer were defined
based on the reported values in the literature. To acquire the signal and form the im-
age in simulations, we raster scanned the confocal LFI model over the skin model. The
signal was then processed to extract confocal reflectance (from the number of detected
photons) and the Doppler signal (from the Doppler power spectrum). Then, the confocal
reflectance and Doppler images were combined by multiplying the signals point by point.
Among the different techniques to combine the images, we chose multiplication, as it sup-
presses the background noise and improves the SBR. The combined image provided by
this technique is affected by four different parameters: (i) RBC concentration, (ii) RBC ve-
locities, (iii) tissue scattering coefficient (iv) and tissue absorption coefficient; all of which
are optical biomarkers of neoplastic changes. Following the numerical part, we include an
experimental part in the paper to evaluate the technique. Experiments were conducted
using a confocal LFI system imaging a microfluidic channel containing a dynamic turbid
medium, consisting of a diluted Intralipid (20%) with deionized-water. We obtained the
confocal reflectance and Doppler images and combined them to make the multiplication
image. There is a high level of concordance between the experimental and numerical
results, which validates the technique.
In the following subsections, we discuss confocal LFI, LDF and also the specifications
of our specifically-adapted Monte Carlo algorithm to examine the multi-layer tumourous
skin model.
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Confocal Laser Feedback Interferometry
One of the most widely-accepted non-invasive modalities used to provide in vivo images
inside living organisms is RCM [138]. The idea of RCM is to eliminate out of focus light by
situating a spatial pinhole at the focal point of the lens and to increase the resolution and
contrast of the image in addition to the ability to provide in vivo images in the reflection
mode. The idea was first proposed in 1957 [38], but it was only after the invention of lasers
and computer systems that it quickly found its way in the biomedical community [39] and,
recently, in applications, such as skin cancer detection [31]. Depending on the RCM con-
figuration, the specimen is illuminated in a different way. A limited portion of light coming
from an infinitesimal spatial sensing volume, which is able to pass through the optical sys-
tem and spatial pinhole, is detected in the system to form the image. To perform optical
sectioning in an in vivo application, the light and filtering system should be scanned over
the specimen. A confocal LFI system using a semiconductor laser, such as a VCSEL,
can be interpreted as a peculiar embodiment of an RCM system [77,117,118,139–141].
In a confocal LFI system, which works based on the self-mixing effect [8, 10], light emit-
ted from the laser is reflected off a distant target. A small potion of the beam that is
reflected back from a very small sensing volume, in a focused beam configuration with a
high numerical aperture beam, is able to pass through the optical system and VCSEL’s
aperture to re-enter the laser cavity. The interference of the reflected and intra-cavity field
inside VCSEL’s cavity gives rise to a range of perturbations in the operation of the laser,
which can be detected by monitoring the laser’s output optical power or terminal voltage
for sensing purposes. The diameter of the aperture of a typical VCSEL is in the range
of a few micrometers up to about 10 micrometers [142], which can be considered as the
equivalent of an RCM pinhole in a confocal LFI configuration. Using a high numerical
aperture (NA) objective lens is required to have a very small sensing volume, and a laser
at a near-infrared optical window guarantees the maximum penetration depth in biological
tissues. Figure 5.7 depicts the schematic of a confocal LFI system in an RCM implemen-
tation. The detection method in such a peculiar RCM is based on interferometry rather
than photomultiplier tubes or avalanche photodiodes in conventional RCMs, and this fea-
ture can be exploited to extract the Doppler shift from the signal. The Doppler shift in
the frequency of the beam due to the movement of the red blood cells in a living tissue
is in the range of a few kilohertz, which is impossible to detect without an interferometric
scheme. In Section 5.2.5, further explanations are included about how to extract both
confocal reflectance and Doppler signals in an experimental situation.
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FIGURE 5.7: LFI with an RCM implementation based on a VCSEL as both the emitter and the
detector. The VCSEL aperture with a diameter of a few microns acts as the spatial RCM pinhole
in this structure, and the LFI signal is generated due to the self-mixing effect inside the VCSEL
cavity.
Laser Doppler Flowmetry
Laser Doppler flowmetry has been extensively used in microcirculatory blood flow mea-
surements, as it is a non-invasive method. In laser Doppler perfusion imaging, a colli-
mated laser beam is raster scanned on the skin area of interest to create the perfusion
map [16]. The operation of an LDF system is based on the Doppler shift in the frequency
of the coherent beam. Photons at wavelengths with a long penetration depth enter the
skin tissue and collide with scatterers and chromophores. They will either be scattered
or absorbed. The photons that are scattered from moving scatterers, such as RBCs,
undergo Doppler shifts. Doppler shift is calculated from the following Equation [51]:
∆f =
1
2pi
(ks − ki) · v , (5.2)
where ∆f is the Doppler shift in the photon’s frequency, ks and ki are the wave vectors of
the scattered and incident waves, respectively, and v is the velocity vector of the moving
scatterer. From the diffused photons in the turbid skin medium, some of them make
their way out of the tissue and return to the detection system of the LDF, which usually
involves an interferometric technique and a photodetector to acquire the beat frequency.
Perfusion is defined as the product of the average RBCs’ velocity and concentration and
is proportional to the first moment of the power spectrum of the detected signal [143]:
Perf ∝
∞∫
0
ωP (ω)dω , (5.3)
where ω is the angular frequency and P (ω) is the Doppler power spectrum. By raster
scanning the beam on the skin surface, we can create the perfusion map. In our numerical
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FIGURE 5.8: Block diagram of numerical model including a confocal LDF system raster scan-
ning a six-layer skin tissue model to make the confocal reflectance and Doppler images of an
embedded tumour model.
model, we perform this scan by moving the model of the confocal LFI system over the
skin model. The schematic of the numerical model is depicted in Figure 5.8. As our
numerical model shows, detailed in Section 5.2.3, light is emitted from a simulated 850-
nm laser diode and focused on the six-layer skin tissue model. An anti-reflection glass
layer is assumed on the top of skin model to reduce specular reflection. A portion of
the photons enter the turbid medium of the tissue. Photons will diffuse after interacting
with chromophores and scatterers. A portion of the diffused light makes its way out of
the tissue and re-enters the laser cavity. Doppler shifted photons, which re-enter the
laser cavity, contribute to the Doppler power spectrum. Photon frequencies shift due
to collisions with moving RBCs. At each point, we numerically calculated the confocal
reflectance signal by counting the number of detected photons, which make their way
back into the laser cavity through the optical system and the aperture of the VCSEL;
Figure 5.8. At the same point, the Doppler power spectrum is defined as the histogram of
the detected photons’ Doppler frequency shifts, and perfusion is the first moment of the
optical Doppler spectrum calculated from Equation (5.3), which we defined as the Doppler
signal in this paper.
In the proposed technique, we can neglect technical difficulties, such as measuring
the blood perfusion in absolute value and distinguishing between the contributions of
RBC’s concentration and velocities to the Doppler signal, which commonly exist in LDF
systems [54]. That is because, we are examining the relative values coming from the
lesion compared to the surrounding normal area, and there is no need to distinguish
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between the concentration and velocity of RBCs, as both of them exist in the tumourous
neovascularization and both are indicators of cancer growth.
Monte Carlo Simulation
Monte Carlo is the gold standard in the study of photon-tissue interaction and has been
used extensively in the field [18, 144, 145]. In our numerical model, at each scanning
site, photons are projected toward the skin tissue, numerically, in a hyperboloid shape to
resemble the focused Gaussian beam [61]. We separately executed the simulation for
confocal reflectance and Doppler signals with 0.32 and 1.6 million photons, respectively.
We defined numerical lenses in the model based on the physical characteristics of com-
mercially available Thorlabs C240TME-B lenses with both a clear aperture diameter and
an effective focal length of 8 mm. The features of the numerical lens determine the shape
of the focused beam. We assumed the beam diameter at the objective lens is 1.96 mm.
This beam diameter along with a 0.5 numerical aperture and 8 mm focal length of the nu-
merical lens result in a beam spot diameter of about 4 m at the focal point. We employed
a variance reduction technique when calculating the Doppler signal, in which photons with
large Doppler shifts can split into up to 3200 photons [110]. We assumed the wavelength
of the photons to be 850 nm, as the water absorption coefficient is almost negligible at this
wavelength [146]. As shown in Figure 5.8, we used a six-layer skin model assuming an
anti-reflective coating model on the top to avoid specular reflection. We adopted the skin
model proposed in the paper of Fredriksson et al., which was validated through their ex-
periments [110]. We assumed the refractive index of the glass plate was close to the skin
refractive index to have the index matching. The names and characteristics of the skin
layers are listed in Table 5.1. We approximated all of the layers’ refractive indices to be
1.4 to avoid index mismatching between the layers [110]. We defined three types of blood
components with average velocities of 0.3, 3.0 and 30 mm/s, each present in different
volumes within the layers [110]. These low, middle and high velocity blood components
can be associated with capillaries, venules (small veins and arterioles) and larger blood
vessels. We assumed random RBC directions with a uniform distribution in 3D space. To
approximate laminar blood flow, we defined the RBC velocities in a uniform random dis-
tribution from zero to two-times the average velocity components [110]. Melanin, as the
main absorber of light, exists only in the epidermis layer of healthy skin tissue. Epidermis
is the only layer with no blood components. We defined initial absorption and scattering
coefficients for each layer and then added the optical properties of melanin and blood
components in each layer [110], as listed in the Table 5.1. Blood has absorption and
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TABLE 5.1: Six-layer skin tissue model, data from [110].
Layers Top to Bottom Epidermis Papillary
Dermis
Superior
Blood
Net
Reticular
Dermis
Inferior
Blood
Net
Subcutis
0.3-mm/s blood concentration (%) 0 0.2 0.6 0.1 0.25 0.1
3.0-mm/s blood concentration (%) 0 0 0.05 0.01 0.035 0.01
30-mm/s blood concentration (%) 0 0 0.001 0.0006 0.006 0.001
Melanin concentration (%) 2.0 0 0 0 0 0
Thickness (mm) 0.075 0.15 0.15 0.8 0.4 2
µs bloodless melanin-less (mm−1) 23 13 13 13 13 13
µa bloodless melanin-less (mm−1) 0.1 0.1 0.1 0.1 0.1 0.1
Refractive index 1.4 1.4 1.4 1.4 1.4 1.4
scattering coefficients of 0.5 and 222 mm−1, respectively, and melanin has an absorption
coefficient of 15 mm−1 and no scattering coefficient. The phase function of a scatterer
determines the scattering direction of the photons. Here, all of the non-blood scatterers
have a Henyey–Greenstein phase function with an anisotropy factor of 0.85, and RBCs
have a Gegenbauer kernel phase function [66] with αGk = 1.0 and gGk = 0.948, resulting
in an anisotropy factor of 0.991 [110]. We used a variance reduction technique to focus
on the Doppler shifted photons [110].
We numerically raster scanned an area of 10 × 10 mm2 on the skin tissue model with
30 steps at each side and created 30 × 30 pixel images. We discussed the photon-
tissue interactions in Section 5.2.3, and the configuration can be seen in Figure 5.8. The
detected photon population (which determines the confocal reflectance) is the portion of
photons that exit from the skin model, pass through the lenses and VCSEL’s aperture and
return back to the laser cavity. To speed up the numerical calculations, we approximated
the radius of the aperture to be 45 µm. Photons move through the lenses based on the ray
tracing rules, and the geometry of lens surfaces is derived from the data for C240TME-B.
5.2.4 Simulation Setup and Results
Setup
Tumorous regions in the numerical model are roughly defined as thin cylindrical volumes
with diameters of 5 mm and thicknesses of 0.3 mm, laying within the second and third
layers of papillary dermis and superior blood net, situated at a depth of 0.075 to 0.375
mm, as illustrated in Figure 5.8. To form the images, we configured the numerical model
to keep the focal point of the beam in the middle of the tumour model at the depth of
0.225 mm from the surface. To study the applicability of the technique, we applied it
numerically to two typical types of KSC and called them mild KSC (KSC1) and severe
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KSC (KSC2). Tumorous abnormalities for these typical types of skin cancer are defined
in the simulation as higher RBC concentration and velocities and lower absorption and
scattering coefficients.
Stu¨cker et al. used a commercial laser Doppler perfusion imaging device to measure
perfusion in different types of skin cancer [12, 13]. They reported increases in the per-
fusion of BCCs and melanocytic nevi with respect to average healthy skin by factors of
approximately 1.8 and 3.8, respectively [12]. In our numerical model, we defined the
RBC concentrations of two- and three-times higher than healthy skin for typical KSC1 and
KSC2 and RBC velocities of 1.5-times higher than healthy skin for both types. These ab-
normalities resulted in increases in the perfusion of KSC1 and KSC2 of about 1.7 and 3.7
higher than healthy skin, which we took to be roughly compatible with the data reported
in [12] and acceptable for our purposes. On the other hand, Salomatina et al. measured
the in vitro optical properties of infiltrative BCC, nodular BCC and invasive SCC in a large
spectral range [11]. Their results show remarkable drops in the scattering and absorption
coefficients of the tissues affected by these types of KSCs at some wavelengths. For
instance, at 850 nm, the scattering and absorption coefficients of nodular BCC and SCC,
reduce by factors of about 0.6, all with respect to normal dermis tissue [11]. However,
these results are from in vitro measurements, and to apply them to an in vivo model, the
effect of blood should be included. These numbers can be quite different for different
types of skin cancer. In our numerical model, we assumed the scattering and absorption
coefficients to reduce by factors of 0.6 with respect to normal dermis skin tissue for both
typical types of KSC1 and KSC2.
To use ex vivo measurement results of tissue optical properties in an in vivo numerical
model, we need to add the effect of average blood contents of the tissue to the measured
ex vivo optical properties using the following expression [147]:
µin vivo(λ) = Vblood × µb(λ) + (1− Vblood)× µex vivo(λ) , (5.4)
where µin vivo and µex vivo are the in vivo and ex vivo optical properties at the wavelength
λ, respectively, Vblood is the volume fraction of blood in the tissue and µb is the optical
property of blood. We mentioned optical properties of blood and bloodless tissue in Sec-
tion 5.2.3. The typical average value for the blood volume fraction in the skin layers is
about 0.2%, although its value is about 2–5% in the venous plexus [148]. In our numerical
model, we used the blood volume fractions given in Table 5.1.
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FIGURE 5.9: Monte Carlo simulated images of typical (a) KSC1 and (b) KSC2. Parts (i) and (ii)
of the images depict blood Doppler and confocal reflectance images of 5 mm diameter tumours,
respectively. Part (iii) shows the multiplication image, which is formed by multiplying Parts (i) and
(ii), pixel-by-pixel.
Results
Parts (i) and (ii) of Figure 5.9a show the simulated Doppler and confocal reflectance im-
ages for the typical KSC1, respectively. Furthermore, Parts (i) and (ii) of Figure 5.9b show
the simulated Doppler and confocal reflectance images for the typical KSC2, respectively.
Part (iii) of Figure 5.9a,b shows the multiplication images. Results are normalized to the
peak Doppler and confocal reflectance values, and it can be seen that increasing RBCs’
concentration results in higher contrast by comparing Part (i) of Figure 5.9a,b. We filtered
all of the images to eliminate spikes using two-dimensional median filtering in MATLAB
(R2015a, UQ university liscence, Brisbane, Australia), and all of the values are relative
and normalized to arbitrary units.
In order to quantify the numerical results, we defined an SBR parameter as the ratio
of the average signal from the tumourous area to the average signal from the normal
surrounding skin area obtained from the simulations. This parameter can be formulated
as follows:
SBR =
1
NT
∑
i∈T Sigi
1
NBG
∑
i∈BG Sigi
, (5.5)
where NT and NBG are the number of pixels in the tumourous and background areas,
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FIGURE 5.10: Improvement in the signal to background ratio as a result of multiplying Doppler
flowmetry and confocal reflectance images. Red broken, blue dotted and black solid lines in (a)
and (b) of this image correspond to the Doppler flowmetry, confocal reflectance and multiplica-
tion signals acquired along center-crossing horizontal axes in (a) and (b) of Figure 5.9, which
correspond to typical KSC1 and KSC2 simulated models, respectively.
respectively, and Sigi is the signal value at pixel i. Furthermore, T and BG denote the set
of pixel indices associated with the tumourous and background areas, respectively. In the
case of KSC1 shown in Part (a) of Figure 5.9, the SBR for Doppler, confocal reflectance
and multiplication images is 1.4, 1.3 and 2.8, respectively. In the case of KSC2 shown in
Part (b) of Figure 5.9, the SBR for Doppler, confocal reflectance and multiplication images
is 2.9, 1.2 and 5.0, respectively. As can be inferred from these numbers, the combination
of the two techniques is enhancing the SBRs of the images dramatically. The minimum
increase factor is about 1.7 in the case of KSC2, which is the ratio of the SBR of the
multiplication image to its value for the Doppler image, and in all of the other cases SBRs
increase by factors greater than 1.7.
To more clearly see the SBR improvement, we plotted the signals along the center-
crossing horizontal axis in Parts (a) and (b) of Figure 5.9 and present these plots in
Figure 5.10. Parts (a) and (b) of Figure 5.10 correspond to the simulated models of
KSC1 and KSC2, respectively.
5.2.5 Experimental Validation
To examine the feasibility of an experimental device for concurrent RCM and LDF, which
is applicable for biomedical imaging purposes, we used a confocal LFI system to image
a dynamic turbid medium [149]. The purpose of this experiment is to provide two inde-
pendent images of confocal reflectance and Doppler flowmetry as a result of a single
scan. Images should be able to depict the morphological features and flow characteris-
tics of a dynamic turbid medium at a depth below the surface (where the confocal plane
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FIGURE 5.11: Experimental confocal LFI apparatus in the dual-modality imaging application,
scanning a microfluidic channel containing diluted Intralipid flow.
is situated), which is penetrable to the laser beam, and with respect to a substrate. As
we discussed briefly in Subsection 5.2.3, confocal LFI can be considered as a particular
embodiment of RCM, which possesses an interferometric nature. It has been used previ-
ously to monitor blood perfusion [97] and also in confocal reflectance [117,118,141] and
Doppler flowmetry [81] imaging systems.
Figure 5.11 shows a schematic of the experimental apparatus we constructed for this
purpose. As can be seen and compared in Figures 5.7, 5.8 and 5.11, the suggested
experimental setup is based on the concepts of the technique and compatible with the
optical system in the numerical model.
Experimental Setup
As illustrated in Figure 5.11, an 850-nm VCSEL operating at 3.55 mA was used in this
setup. The beam divergence angle of the VCSEL was about seven degrees, and its
temperature was controlled at 35 °C to get an optimum signal [122]. The beam was
collimated using a lens with a focal length and numerical aperture of 8 mm and 0.5, re-
spectively (Model C240TME-B, Thorlabs, Inc.; Lens 1 in Figure 5.11), and focused using
a second lens with a focal length and numerical aperture of 3.1 mm and 0.68, respec-
tively (Model C330TME-B, Thorlabs, Inc.; Lens 2 in Figure 5.11). The second lens had
a focal beam spot diameter and Rayleigh length of about 1.8 and 2.9 µm, respectively,
which was appropriate for microscopy applications. We need to apply the technique to a
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dynamic turbid medium, which is a semi-transparent medium, including both dynamic and
static scatterers and absorbers, with a scattering coefficient well above the absorption co-
efficient. Such a target provides variations in both optical properties and flow distribution,
which fits our purpose of dual-modality imaging. Therefore, we chose to use diluted In-
tralipid flow in a microfluidic channel as an imaging sample. Intralipid is a fat emulsion
used as an intravenous nutrient, and its optical properties have been studied before [89].
It has also been used numerously as a phantom for biomedical tissues [150]. We diluted
Intralipid 20% with deionized-water with a ratio of 30:1 and pushed it through a microflu-
idic channel with a channel area of about 8 × 10 mm2 and a channel thickness of about
1 mm. The top view of this microfluidic channel can be seen in Figure 5.12a, and also, it
is shown in Figure 5.11 as the target. A syringe pump was used to push the mixture with
a flow rate of 800 µL/min through the channel. The laser beam was focused at a depth
of about 500 µm below the surface of the diluted Intralipid, and the focal plane was kept
at this depth throughout the scan. In order to make the images, we used two motorized
translation stages (Zaber Technologies Inc.) to move the microfluidic channel vertically
and horizontally, to raster scan the laser beam over the channel. An area of 12 × 12 mm2
in 61 × 61 steps, at a 200-µm pitch, was scanned. In the proposed set up, the laser beam
is perpendicular to the target, which is different from conventional LDF systems. This
geometry is more common in biomedical imaging applications, and the Doppler power
spectrum, which is a broadened signal around the frequency of zero, was extracted from
the focused part of the beam with a high numerical aperture. At each step of the scan, the
LFI signal was acquired from the VCSEL junction voltage and was fed into a 16-bit DAQ
card after amplification. The time domain voltage signal was sampled at a rate of 60 kS/s,
and 3 kS was used as the signal time sequence, which corresponds to 50 ms. To convert
the time domain signal into the frequency domain, we applied fast Fourier transform to
the time sequence and used a Savitzky–Golay filter in MATLAB (R2015a, UQ university
liscence, Brisbane, Australia) to filter out the frequency domain signal.
Because semiconductor lasers are noisy at DC or low frequencies [122], we AC-
coupled the VCSEL junction voltage when amplifying it. Therefore, we needed to mod-
ulate the laser beam to extract the confocal reflectance signal. As can be see in Fig-
ure 5.11, we used an optical chopper to modulate the beam at the frequency of 1 kHz.
Modulating the beam created two different levels of feedback, which was then detected
and used to quantify the level of reflection [125].
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FIGURE 5.12: (a) Top view of the microfluidic channel (the red broken line shows the center-
crossing axis alone which SBR was calculated) and experimental normalized (b) Doppler flowme-
try, (c) confocal reflectance and (d) multiplication images.
Experimental Results
Scan results are illustrated in Figure 5.12. Doppler flowmetry, confocal reflectance and
multiplication images are shown in Figure 5.12b–d, respectively. There are four pillars sit-
uated in the middle of the microfluidic channel by the manufacturer for stability purposes,
which can be seen as four dots at the noise level in all of the images in Figure 5.12.
Doppler flow distribution, depicted in (b), has the highest flow rate at the input of the
channel on the left side of it. Confocal reflectance distribution, depicted in (c), has an
even distribution all over the channel, as expected, because the optical properties of the
turbid medium are maintained constant throughout the volume. The background noise
level (signal from the outside of the channel area) is higher in (c) compared to (b), as
there is a small amount of reflection from the surface of the microfluidic channel, although
the surface is not at the focal plane, which is higher than the background noise in (b)
(which is the overall rise in the Doppler spectrum in the absence of flow due to noises).
The multiplication image, (d) of Figure 5.12, is made by multiplying (b) and (c), pixel-by-
pixel. It can be noticed from (d) that the background noise is reduced in the multiplication
image. Similar to what we did in the case of the numerical model in Section 5.2.4, we
quantified the improvement in the contrast of the multiplication image by defining an SBR
parameter similar to the way we defined it in Equation 5.5, as the average level of the
signal from the flow area to the average level of the signal outside the flow area, along
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FIGURE 5.13: Red broken, blue dotted and black solid lines show average Doppler flowme-
try, confocal reflectance and multiplication signals, acquired along the center-crossing axis of the
microfluidic channel (shown with the red broken line in Figure 5.12a), respectively.
a center-crossing axis shown by a red broken line in Figure 5.12a. Average Doppler
flowmetry, confocal reflectance and multiplication signals, acquired along the red broken
line in Figure 5.12a, are shown in Figure 5.13. It is clear from this image that multiplica-
tion signal (black solid line) has a lower noise level (at left and right wings) compared to
the other two signals. SBR for Doppler flowmetry, confocal reflectance and multiplication
signals is 4.1, 1.9 and 7.2, respectively. SBR of the multiplication signal is improved by
factors of 1.8 and 3.7 with respect to Doppler flowmetry and confocal reflectance signals,
respectively. Therefore, the minimum improvement factor for SBR in the experimental
result is 1.8, which is consistent with the figure for the numerical model, which was 1.7.
This shows good agreement between experimental and numerical results.
The Doppler flowmetry and confocal reflectance parts of the LFI signal can be ex-
tracted from both the frequency (fast Fourier transformation of time domain signal) or the
time domain signals. In order to show how the signal is processed to get both parts of the
data out of it, frequency and time domain signals, acquired at a typical point inside the
flow area, are shown in (a) and (b) of Figure 5.14, respectively. The red broken and black
solid lines in (a) are the filtered Doppler spectrum (Savitzky–Golay filter) and the noise
floor, respectively. Doppler flowmetry and confocal reflectance signals were calculated
in the frequency domain by applying the filtered Doppler spectrum to Equation (5.3) and
measuring the magnitude of the first harmonic (as the signal was modulated at 1 kHz)
with respect to the noise floor, respectively. On the other hand, one can look at the level
of fluctuations in the time domain (when the beam is not blocked by the chopper) and the
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FIGURE 5.14: (a) Frequency and (b) time domain confocal LFI signals, obtained from the volt-
age of the VCSEL terminals. Red and black broken lines in (a) show the filtered Doppler spectrum
and noise floor (in the absence of target), and the first large spike in (a) is the first harmonic of
the signal (as the beam is modulated at 1 kHz); its magnitude with respect to noise floor is a
measure of the confocal reflectance signal. The orange broken line in (b) shows the modulating
signal at 1 kHz, and two grey broken lines show the average high and low time domain signals cor-
responding to the unblocked and blocked modes of the beam (by means of the optical chopper),
respectively, indicating confocal reflectance. Doppler fluctuation can be seen on the high level of
the time domain signal when the beam is not blocked.
difference between the average low and high levels of modulated signal, corresponding to
the blocked and unblocked modes of the beam, to extract Doppler flowmetry and confocal
reflectance signals. Figure 5.14 shows all of the aforementioned annotations. As can be
seen in Figure 5.14, the Doppler spectrum is a broadened spectrum around the frequency
of zero, because the beam in the suggested confocal LFI apparatus is normal to the flow.
This configuration in conjunction with a high numerical aperture objective lens resulted
in a broadened spectrum that was used in this work to extract Doppler flowmetry or the
perfusion signal.
5.2.6 Discussion
We investigated and characterized the proposed imaging technique by applying it numer-
ically to two typical types of tumourous skin as mild and severe KSCs (KSC1 and KSC2)
in this work. We derived the optical properties of KSCs from the literature and take into
account the lowest level of changes in the optical scattering and absorption coefficients
of the tumours in our simulations [11, 12], in order to focus on the improvement in the
sensitivity of the proposed technique. Malignant melanomas, which is not included in the
numerical models in this article, have different shapes, relative locations in the skin tissue,
alterations in optical properties, etc., compared to those of KSCs. It has been reported
that total reflectance is generally reduced with the increase in the degree of malignancy
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in the pigmented skin lesions in wide spectral ranges [151–155]. As can be seen in Fig-
ure 5.9, contrast in the multiplication images increases with the disease in severity, from
KSC1 to KSC2. The increase in the scattering and absorption coefficients of malignant
melanoma with respect to common nevi has also been reported [156, 157]. A reason
for the increase of the scattering coefficient with malignancy in skin lesions could be the
increase in nuclear to cell volume with the degree of malignancy in tumourous cells [158];
as in the case of cervical carcinoma, the increase in nuclear to cell volume is a well-known
cytological indicator of the tumour malignancy [159].
The reduction in total reflectance can be attributed to a decrease in the ratio of µ′s/µa
of the tumourous tissue. This means that higher absorption or lower scattering coeffi-
cients in skin tissue are expected to reduce the total reflectance. Therefore, the total
reflectance level is more properly determined by considering the combination of optical
properties. The total reflectance approximation formula derived from diffusion theory for
a semi-infinite turbid medium has the following form [153]:
Rp =
1
k1
1
µ′s
+ k2
µa
µ′s
, (5.6)
where Rp is the detected portion of the total reflectance, µa and µ′s are the absorption
and reduced scattering coefficients, respectively, and k1 and k2 are empirical parameters
coming from the optical geometry of the setup. Figure 5.15 shows a comparison between
the total reflectance against µ′s/µa, from Equation (5.6) and our Monte Carlo skin model,
described in Subsection 5.2.3. As can be seen, there is good agreement between the
analytic formula and the Monte Carlo simulation. We assumed k1 and k2 of the optical
system model to be three and one, respectively, and the anisotropy factor to be 0.85 in
the analytic formula. The Monte Carlo simulation in Figure 5.15 is performed by keeping
the absorption coefficients of each layer as they are and sweeping the reduced scattering
coefficients. We assumed an anisotropy factor of 0.85 in the Monte Carlo simulation, as
well.
We defined an SBR parameter as a touchstone to quantify the improvement in the
sensitivity of the technique. Both simulation and experimental results concluded that com-
bining two modalities increases the sensitivity dramatically. Numerical SBR values pre-
sented in Section 5.2.4 show that the ratios of multiplication SBRs to Doppler flowmetry
SBRs increase by factors of 2.0 and 1.7, and the ratios of multiplication SBRs to confocal
reflectance SBRs increase by factors of 2.2 and 4.2 for typical KSC1 and KSC2, respec-
tively. In a similar way, experimental SBR values presented in Subsection 5.2.5 show
that the ratio of multiplication SBR to Doppler flowmetry and confocal reflectance SBRs
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FIGURE 5.15: Simulated total reflectance from a typical tumourous skin model in our model
(blue line) compared to the diffusion theory formula (red broken line), versus the ratio of the re-
duced scattering coefficient to absorption coefficient.
increase by factors of 1.8 and 3.7 for the microfluidic setup, respectively. Depending on
the concentration of the dynamic turbid medium used in the experiment, SBRs have sim-
ilar trends as the values obtained from numerical models, which shows the consistency
between simulations and experiment.
Skin neoplastic diseases often develop from pre-existing skin lesions [160]. Actinic
keratoses and dysplastic nevi are the most important precursors to SCCs and melanomas,
respectively [160]. The sizes of actinic keratosis lesions are usually 1–3 mm, but can be
up to several centimetres [161], as well, and the sizes of dysplastic nevi are mostly larger
than 5 mm [160]. Hence, we assumed that the sizes of the tumourous tissues are 5
mm in diameter in our numerical models. BCC and SCC are different histopathologically,
and the origin cells of sporadic BCCs are less well defined; there are not any well-known
precursors to them [162].
Our assumptions in defining the geometry, location and properties of tumour models
include generalization to make the study of the proposed technique easier. For instance,
seborrhoeic keratosis, as probably the most common benign KSC, is different from SCC
and BCC histopathologically. It usually occurs just as a thickened epidermis and no exten-
sion into the dermis layer, but still may rarely mimic KSC or MM clinically. Moreover, KSC
can be thought of in the context of a field cancerization model. Therefore, care should
be taken in determining where the healthy tissue is. Field cancerization theory states
that there is a genomically-unstable area around the primary tumour, inclined to aber-
rant growth [163, 164]. Neovascularization as an abnormal growth requirement happens
mainly in the primary neoplastic tissue. Therefore, the area around the primary tumour is
called healthy tissue in this paper. In melanoma, the suspect lesion is pigmented, and it
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is easier to distinguish the perilesional skin area.
Some obstacles to early skin cancer detection are the large skin surface area and its
susceptibility to other types of skin lesions that can resemble a type of skin cancer, which
are hard to differentiate. For example, differentiating between melanoma and dysplas-
tic nevi is challenging clinically and histopathologically [28]. Optical properties [155] and
perfusion [13] of dysplastic nevi have been studied, and it is shown that melanoma has
higher perfusion and lower reflectance compared to dysplastic nevi. We are including
both of these modalities in our method, and this combination can increase the specificity
of detection. A higher concentration of RBCs changes the optical properties of the skin,
as blood has a high scattering coefficient, and the out-flow of fluid and cells from the walls
of leaky newly-developed venules [56] is another reason for the distorted optical proper-
ties. Examining the morphology and flow direction of these newly-developed venules also
has the potential of discriminating between non-pigmented neoplastic skin lesions and
assessing their degree of malignancy [165].
Our proposed technique implemented in a hardware platform would afford a non-
invasive, in vivo and non-contact skin investigation tool with high spatial resolution (as the
focused beam in the experiment has a 1/e2 power beam spot diameter of about 1.8 µm).
Optical properties of human skin can vary greatly in different places of the body and be-
tween individuals, and it will affect both the confocal reflectance and Doppler flowmetry
signals greatly. One advantage of our technique is that it focuses on changes relative to
surrounding tissue. Therefore, there is no need for calibration or measurement of absolute
values. In addition to early detection, this technique could also be useful in differentiating
different types of skin tumours by quantifying the level of neovascularization and opti-
cal property distortions, estimating the stage of tumourous development and the rate of
growth by monitoring and delineating a tumour’s border for proper removal surgery [166].
Furthermore, care should be taken about the safe level of the laser beam optical
power, and power should be limited by factors, such as the hazard of tissue damage
and skin sensitivity [167]. Most of the commercially available laser scanning confocal
microscopes use in-plane laser diodes with tens of mW of power [5] to achieve a signal
to noise ratio that is detectable by the photodetector in a direct detection scheme; while
our scheme uses a heterodyne detection scheme, in which a low power reflected signal
mixes with strong intra-cavity fields (fields within the VCSEL’s cavity). In such a system,
the sensitivity is so high, that the signal is detectable when laser operates at currents
just above the threshold, and the output power is less than 100 µW. Such a low power
system is not only safe, but also has the minimum effect on the optical properties and the
structure of biological tissues.
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5.2.7 Conclusion
Cancer is the result of complex interactions between environmental and genetic factors.
Cancer incidence is growing each year, and early detection can save many lives and
reduce the burden of disease. One way to develop a robust early detection method is to
include all of the possible potential cancer indicators in the detection system. We suggest
modulating the laser beam in a confocal LFI system to measure confocal reflectance at
the same time as it measures the Doppler flowmetry signal. This results in a new imaging
technique of simultaneous probing for two abnormal cancer biological traits of distorted
tissue optical properties and perfusion. It can improve the capabilities of the currently
existing systems, which use only one of these modalities, through improving the sensitivity
and specificity. We examined this technique through a range of numerical simulations and
conducted an experiment to image a dynamic turbid medium. Simulated and experimental
results showed a high degree of consistency, which validates the technique. We also
quantified the results by defining an SBR parameter as the ratio of the signal from the
tumourous (or dynamic turbid) area to the signal from the background area. The signal to
background ratio of the combined images has increased remarkably in both simulated and
experimental examinations with similar trends, which indicates the enhanced sensitivity
of the technique.
Chapter 6
6. Laser Feedback Tomography and
Tumorous Skin Phantoms
One of the features of the LFI imaging system that we implicitly relied upon throughout
this work was that it can perform optical sectioning or provide cross-sectional images of
samples. That is because in the setups we are using high NA lenses to focus the beam
within the sample. This characteristic gives us the ability to make tomographic images
as we can take numerous images of the sample and reconstruct a three-dimensional im-
age of the interior features of the sample. Tomography is usually preferred to single-slice
imaging among the medical community in diagnostic and therapeutic applications. The
reason for this is that it illustrates the geometrical features and morphological aspects of
the sample in a three-dimensional space and in many cases it presents a better visualiza-
tion of the interior of the sample and a better comparison of slices relative to each other
becomes possible.
This chapter includes paper F and section 6.2. In paper F for the first time, application
of LFI in skin cancer detection has been investigated in a reflectance imaging configura-
tion and using an agar three-layer cancerous skin tissue model. In this paper optical sec-
tioning has been performed by moving the optical system toward the sample at physical
lengths of 100 µm. The feasibility of optical sectioning is studied and the same structure
(optical system and agar tissue phantom) is modeled using Monte Carlo simulation. Sim-
ulated results are consistent with the experimental results and this study paves the way
for a laser feedback tomography system.
Section 6.2 proposes the use of confocal laser feedback tomography for non-invasive
cross-sectional imaging of soft biological tissues. This is a manifestation of a compact
system which uses a VCSEL as both transmitter and receiver of the beam and possesses
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the imaging power of a confocal microscope. We used three different silicone-based
phantoms of keratinocyte skin cancer tissue to examine the technique. Cancerous regions
were introduced to the phantoms as macro-structural changes in the optical properties of
dermis layer. Moreover, Monte Carlo simulation of the same optical system and tissue
phantoms was conducted, which in tandem with experimental results shows the feasibility
of a sensitive tomography system to be used for the application of skin cancer detection.
The results presented in this section will be submitted for publication.
6.1 Paper F
Mowla, Alireza and Taimre, Thomas and Lim, Yah L and Bertling, Karl and Wilson,
Stephen J and Prow, Tarl W and Soyer, H Peter and Rakic´, Aleksandar D, “Diffuse re-
flectance imaging for non-melanoma skin cancer detection using laser feedback interfer-
ometry,” International Society for Optics and Photonics, SPIE Photonics Europe, Brus-
sels, Belgium 98870T–98870T (2016).
6.1.1 Abstract
We propose a compact, self-aligned, low-cost, and versatile infrared diffuse-reflectance
laser imaging system using a laser feedback interferometry technique with possible ap-
plications in in vivo biological tissue imaging and skin cancer detection. We examine the
proposed technique experimentally using a three-layer agar skin phantom. A cylindrical
region with a scattering rate lower than that of the surrounding normal tissue was used
as a model for a non-melanoma skin tumour. The same structure was implemented in a
Monte Carlo computational model. The experimental results agree well with the Monte
Carlo simulations validating the theoretical basis of the technique. Results prove the ap-
plicability of the proposed technique for biological tissue imaging, with the capability of
depth sectioning and a penetration depth of well over 1.2 mm into the skin phantom.
6.1.2 Introduction
The low electromagnetic absorption of water and hemoglobin in the near-infrared spec-
trum has made this spectral region optimal for non-invasive in vivo optical interrogation
of biological tissues for diagnostic purposes [168]. In the past few decades an extended
range of non-invasive optical techniques, using this spectral window, have been sug-
gested and developed to be used for non-melanoma skin cancer (NMSC), also known as
keratinocyte skin cancer (KSC)1, detection. Diffuse reflectance spectroscopy has been
used to determine the in vivo optical properties (scattering and absorption coefficients)
of KSCs for diagnostics, showing that KSCs altered the optical properties of skin tis-
sue [157]. On the other hand, in vitro measurement of these properties is more easily
1KSC and NMSC can be used interchangeably and both encompass basal cell carcinoma and squa-
mous cell carcinoma.
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carried out and has been measured using spectrophotometers in combination with inte-
grating spheres to look at the diffuse reflectance and total transmittance of light in biopsy
samples [88]. Reduction in scattering and absorption coefficients have also been re-
ported in KSCs, by in vitro measurement of diffuse reflectance and total transmittance of
cancerous samples [11].
Most biological tissues are highly scattering over the near-infrared spectral window
and light will diffuse quickly as soon as it enters the tissue [169]. Therefore, optical prop-
erties of a biological tissue can be investigated by monitoring the diffuse reflectance of
light from the tissue and can also be analyzed to distinguish between tumorigenic and
nontumorigenic cells [170]. Detecting diffuse reflectance to measure in vivo optical prop-
erties of a biological sample has usually been achieved by illuminating a larger area on
the tissue using an optical source and looking at the reflectance by means of a charge-
coupled device camera [171], or by transmitting light into the tissue using an optical fiber
and collecting the reflected light using an arrangement of other optical fibers located near
the source fiber [172], or by focusing a beam on the biological tissue and collecting the
reflected light in a confocal detection scheme [31, 173, 174]. We propose a new tech-
nique based on the latter scheme which can be used in in vivo measurement of diffuse
reflectance in the near-infrared range.
The technique proposed here is a laser feedback interferometry (LFI) system (based
on self-mixing effect [9,10,71]) in a confocal laser feedback configuration [77,118]. In this
system a near-infrared laser diode acts as both transmitter and receiver of the optical sig-
nal. The illuminating laser beam is focused on a target. A portion of the diffuse reflected
light makes its way back into the laser cavity and affects the intra-cavity optical field. When
the laser beam is modulated appropriately, these changes in the intra-cavity optical field
due to diffuse reflected light can be measured. The focused beam is then raster scanned
over the target yielding a spatially resolved image of the diffuse reflectance.
To examine the technique we applied it to two models: (1) a physical skin phantom
and (2) a numerical model using Monte Carlo (MC) simulation. The physical model was
a simple three-layer agar gel skin phantom containing a cylindrical 4 mm diameter re-
gion (representing a KSC). The tumorous region was included in the second layer which
resembled dermis and the diameter size was in the range of a typical skin tumorous le-
sion [160,161]. This model was based on an approximate geometry for a typical skin with
typical optical properties [131] and lower scattering coefficient in the tumorous area as it
was reported by Salomatina et al. [11]. The numerical model was a MC photon transport
model, mimicking the physical skin phantom and the geometry of the experimental set up.
The paper is structured as follows: we discuss the fundamentals of LFI in Sec. 6.1.3.
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FIGURE 6.1: Three mirror model of laser in the presence of external target.
Skin phantom preparation procedure is presented in Sec. 6.1.4 and details about the
experiment are outlined in Sec. 6.1.5. Experimental results are presented in Sec. 6.1.6
which is followed by MC simulation results in Sec. 6.1.7. Finally, we conclude in Sec. 6.1.8.
6.1.3 Laser Feedback Interferometry
Laser feedback interferometry works based on the self-mixing effect [9, 10, 71]. Self-
mixing effect occurs when light emitted from the laser is reflected off a distant target and is
reinjected into the laser cavity which perturbs the operation of the laser. This perturbation
can contain information of interest relating to the target.
One way to study the self-mixing effect is to assume a three-mirror model instead
of a conventional two-mirror model to examine the laser resonator cavity operation in
the presence of an external target which can be defined as the third mirror. A schematic
diagram of this model can be seen in Fig. 6.1. In this figure, l is the laser cavity length and
Lext is the distance between the exit mirror of the laser and the target. Lasing conditions
in a free running laser (two-mirror model) are for the beam to have the same phase and
unit gain coefficient after one round trip between the mirrors. When there is an external
target in the vicinity of the laser so that a portion of the beam reflects back into the cavity,
parameters of the laser are perturbed. In particular, the frequency of the free running
laser shifts in order to maintain a modified phase condition for the new situation. The shift
in the frequency has to satisfy the following modified phase equation (at timescales far
slower than that of the internal laser dynamics) [74]:
0 = 2piτext(ν − ν0) + C sin(2piντext + arctanα) , (6.1)
where τext is the external round-trip time, ν is the frequency of the laser with optical feed-
back, ν0 is the frequency of the free running laser in the absence of the external target, C
is the feedback parameter which depends on the level of optical feedback [75], and α is
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the linewidth enhancement factor [76]. The equation for the feedback parameter C is as
follows [74]:
C =
τext
τ`
κext
√
1 + α2 , (6.2)
where τ` is the intra-cavity round-trip time, and κext is the coupling coefficient which is a
function of reflectivity of the target and exit laser mirror as follows [74]:
κext = ε
√
Rext
Rs
(1−Rs) , (6.3)
where ε is the fraction of the reflected beam which coherently coupled back into the las-
ing mode [75], and Rext and Rs are the reflectivities of the target and exit laser mirror,
respectively. By defining the external round-trip phase in the presence of the target as
φ = 2piντext and external round-trip phase in the absence of the target as φ0 = 2piν0τext,
Eq. (6.1) can be written in the following form [74]:
0 = φ− φ0 + C sin(φ+ arctanα) . (6.4)
Solving Eq. (6.4) for φ is not trivial as there is no closed-form solution for it. After solving
this equation numerically, perturbation in the threshold gain of the laser due to the optical
feedback can be formulated as [74]:
∆gth = −κext
L
cos(φ) , (6.5)
where L is the target distance from the laser. The variations in gth can then cause an
observable fluctuation in the laser optical power which is caused by the changes in the
external round-trip phase in the presence of a target, as:
∆P = β cos(φ) , (6.6)
where β is the amplitude of self-mixing signal which is dependent on the laser and system
parameters (such as the amount of light being coupled back into the laser cavity, the
distance to the target, and the photon lifetime in the laser cavity). The characteristics of
the external target can then be sensed by monitoring the changes in the optical output
power of the laser or changes in the terminal voltage of the laser [77]. In this paper we
used a vertical cavity surface emitting laser (VCSEL) and measured the laser terminal
voltage, from which we derive our self-mixing signal. [119]. Therefore, the proposed LFI
system is compact and low-cost as VCSELs can be provided in small dimensions and
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inexpensively.
6.1.4 Skin Phantom
Optical properties of human skin have been studied extensively for the purposes of di-
agnosis, treatment, and improved understanding of health and disease mechanisms [88,
131]. Human skin consists of three main layers: epidermis, dermis, and subcutaneous tis-
sue. Epidermis contains mostly keratinocytes and no blood vessels though it does contain
melanocytes as well. Melanocytes are the melanin producing cells. Melanin is a pigment
which is the main absorber of light and is located above the nuclei of keratinocytes along
the epidermal basal cell layer protecting the nuclear DNA from harmful ultra-violet irradia-
tion. Dermis contains blood vessels, lymphatics, nerves, and two types of fibers: collagen
and elastic fibers. Dermis is an optically turbid medium with a scattering coefficient much
higher than its absorption coefficient as it normally does not contain any melanin [175]
and it is also much thicker than epidermis. Subcutaneous tissue is the lowermost layer of
the human skin which mainly consists of fat cells.
Agar is a matrix hydrogel material consists of a network of hydrophilic polymers. It
is mainly made up of water and is a biologically and biochemically compatible material
which has already been used as tissue phantoms [85, 150]. Agar gel has innate optical
properties which depend on the purity and concentration of the agar powder in the gel.
Scattering and absorption coefficients of a pure agar gel are usually low and to control the
scattering and absorption coefficients of the agar gel in a phantom, materials to specif-
ically modify the scattering and absorption must be added to the agar gel. We added
titanium dioxide (TiO2) and instant coffee to the agar gel to control its optical properties.
Titanium dioxide powder is widely accepted as a scatterer in the near-infrared range [85]
which is inexpensive and safe. Instant coffee can also be used as a good absorber of light
in this frequency range [176].
The agar skin tissue phantom in this paper contained three layers. Figure 2 illustrates
steps in making the agar gel skin phantom. All the layers were placed on a 150 µm thick
cover slip individually. This cover slip on the top of the agar tissue phantom stopped agar
from evaporation and held the sample relatively static. In Fig. 6.2(a) the outermost layer
which was a 500 µm thick 1.2% weight to weight (w/w) agar gel doped with 1.2% w/w
instant coffee powder was placed on the cover slip. This layer resembled epidermis (al-
though epidermis is usually between 80 to 120 µm thick, to avoid complexity in making
such a thin agar layer, we approximated this layer to be 500 µm) which is high in melanin
concentration. Fig. 6.2(b) shows the second layer which was a 1000 µm thick 1.2% w/w
106 6. LASER FEEDBACK TOMOGRAPHY AND TUMOROUS SKIN PHANTOMS
FIGURE 6.2: Agar skin tissue phantom; (a) a high absorptive 500 µm layer on a 150 µm thick
cover slip resembling the epidermis, (b) a high scattering 1000 µm layer enclosing a 4 mm diame-
ter cylindrical lower scattering tumorous model as the equivalent of dermis, (c) 3.15 mm pure agar
layer resembling the subcutaneous tissue and a plastic wrap, (d) top view of the skin phantom.
agar gel doped with about 0.1% w/w TiO2 powder on top of the first layer. This layer had
a high scattering feature and it resembled dermis which is highly scattering. We punched
out a 4 mm diameter cylindrical area in the middle of this layer and replaced it with a 4
mm diameter cylindrical layer made up of pure 1.2% w/w agar gel with the same thick-
ness of 1000 µm, to approximately resemble a KSC area. Based on our measurements
in this section, the scattering coefficient of this cancerous area is about 0.3 of the scatter-
ing coefficient of the surrounding second layer. This typical drop factor in the scattering
coefficient of the cancerous area is consistent with the measured drops in the scatter-
ing coefficients of three type of KSCs, which are reported to be about 0.5, 0.03, and
0.005 for infiltrative basal cell carcinoma, nodular basal cell carcinoma, and squamous
cell carcinoma, respectively, at the wavelength of 850 nm, with respect to that of a healthy
dermis [11]. Third layer was a thicker pure agar gel layer which resembled subcutaneous
tissue with relatively lower scattering and absorption coefficients. Fig. 6.2(c) shows the
third layer which was a 3.15 mm thick pure 1.2% w/w agar gel on top of the second layer.
We wrapped the bottom side with a piece of plastic to stop agar from evaporating and
make the sample more stable. Finally the top view of the sample is shown in Fig. 6.2(d).
The agar gel was prepared by dissolving the w/w proportion of the agar powder in
distilled water. The mixture was then placed in a microwave oven and heated up to the
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boiling point to start the polymerization process. The mixture was removed from the
microwave oven as soon as it reached the boiling point and was stirred well manually
for a few minutes. Instant coffee was added to the mixture according to the desired w/w
proportion. Instant coffee was very soluble in the hot mixture and was easily dissolved by
stirring. Titanium dioxide in powdered form was added to the agar gel mixture as desired
according to w/w proportion. Dissolving TiO2 uniformly in the agar gel was not trivial as
it was a metal oxide powder which was heavy and precipitated quickly if not stirred well.
It resided in the agar gel in suspension before the gel was set and constant stirring for
about 30 minutes was needed to avoid deposition and remaining in a clumpy powder
form [85]. The mixture was also kept hot during the stirring process. To make a agar
gel layer with specific thickness, we poured the prepared agar mixture into a Petri dish
containing two microscope slides which were separated by two spacers at the ends with
specific thickness as desired. The hot agar mixture spread between the two microscope
slides and when solidified a layer with the required thickness was obtained.
To estimate the optical properties of the prepared layers. The agar gel layer, doped
with different levels of absorber and scatterer, was illuminated with a collimated laser
beam at 850 nm. Power of the collimated laser beam was recorded before and after
passing through the sample. Based on the Beer–Lambert law, the total attenuation of
light traveling in a transparent material depends on its optical properties, and can be
described as:
µt = − 1
L
ln
P
P0
, (6.7)
where µt is the total attenuation of the light, L is the agar sample thickness, P is the
power of the transmitted light, and P0 is the power of the non-attenuated light. The total
attenuation can also be formulated as:
µt = µasam + µssam , (6.8)
where µasam and µssam are the absorption and scattering coefficients of the sample, respec-
tively. Optical properties of the sample can be a combination of the optical properties of
the base gel and additive absorbers and scatterers based on their concentrations. In this
work instant coffee and TiO2 were used as the main absorber and scatterer. Therefore,
the absorption and scattering coefficients of the sample can be written respectively as:
µasam = µaagar × Cagar + µacoffee × Ccoffee , (6.9)
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and:
µssam = µsagar × Cagar + µsTiO2 × CTiO2 , (6.10)
where µaagar and µacoffee are the absorption coefficients of the agar powder and instant cof-
fee, respectively, Cagar and Ccoffee are the concentrations (volume proportion) of the agar
powder and instant coffee, respectively, µsagar and µsTiO2 are the scattering coefficients of
the agar powder and TiO2, respectively, and CTiO2 is the concentration (volume propor-
tion) of TiO2 powder in the gel.
We used a collimated laser beam at 850 nm to measure the optical properties of the
samples and estimated the absorption coefficient of the pure 1.2% w/w agar gel to be
equal to that of water which is also consistent with the literature [150] and was a start
point for our measurements. This means we approximated Cagar to be about 0.01 for a
1.2% w/w agar gel and we took µaagar to be 50 m−1. After applying the technique to the
pure agar gel, we measured the total attenuation µt to be 66.35 m−1 and considering
the formula in the previous paragraph, 66.35 = 50 × 0.01 + µsagar × 0.01, µsagar was
calculated to be 6585 m−1. After calculating µaagar and µsagar for pure agar powder, we were
able to calculate the µacoffee and µsTiO2 for pure instant coffee and TiO2 powders as well,
which were calculated to be 19948 and 142950 m−1, respectively. For this calculations
we considered Ccoffee and CTiO2 to be roughly 0.01 and 0.001 for 1.2% w/w instant coffee
and 0.1% w/w TiO2 agar gel samples, respectively. We assumed the refractive index of
the samples to be equal to that for the water which is about 1.35 at 850 nm. The value for
parameters as calculated in this part will be used in Sec. 6.1.7 to perform MC simulations.
6.1.5 Experiments
The experimental set up can be seen in Fig. 6.3. In this set up, we used an 850 nm VCSEL
(Litrax Technology Co., Ltd.) operating at 3.55 mA, just above the threshold current which
is approximately 3.4 mA under feedback regime, temperature controlled at 35°C, and
two lenses (C240TME-B, Thorlabs, Inc.) with both focal lengths and clear apertures of
8 mm to collimate and focus the laser beam. We used an optical chopper to modulate
the beam and extract the diffuse reflectance intensity modulated voltage signal from the
VCSEL terminal voltage. The optical chopper modulated the laser beam at 877 Hz which
prevented the steady state diffuse reflectance signal from being submerged in the low
frequency noise of the semiconductor laser. Optical chopper created two operating states
in the laser which are the free-running and under optical feedback states [125].
Diffuse reflectance signal can be obtained both from the time domain signal, by looking
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FIGURE 6.3: Experimental set up; laser feedback interferometry system raster scanning a three-
layer skin tissue phantom including a KSC area.
at two levels of signal corresponding to the two aforementioned states, or from the signal
spectrum by looking at the magnitude of the first harmonic of the frequency domain signal.
We extracted diffuse reflectance signal from the frequency domain and normalized the
measured signals at all the points to the maximum value to make the images.
We raster scanned the skin tissue phantom which was prepared as discussed in
Sec. 6.1.4, to make the images. We scanned an area of 6 × 6 mm with 41 × 41 steps
with 150 µm step sizes. At each point we obtained the amplified laser diode terminal
voltage signal using a data acquisition card. The three-layer skin tissue phantom can be
seen in Fig. 6.2. As discussed earlier, a cover slip was placed on the top of the three-layer
phantom to stop agar from evaporating. It also suppressed the effect of strong surface
reflection between the air and sample. Surface reflection from the cover slip was spec-
ular which was less likely to be backscattered into the laser cavity as it needed perfect
alignment which we deliberately avoided in the experiment which is also challenging to
achieve in an LFI system.
6.1.6 Experimental Results
Figure 6.4 shows the results of the experimental scans of the three-layer agar tumorous
skin tissue which was prepared as discussed in Sec. 6.1.4 using the proposed LFI diffuse
reflectance imaging technique. We scanned the tumorous model at eight different depths
starting from above the tumorous area into the tumorous region to show the possibility
of depth sectioning into the model. Scans started at the depth of about 280 µm from the
surface of the first agar layer by adjusting the focal point at this depth and completing a
lateral scan. We continued to perform the other scans by focusing into the agar sample
at 100 µm length incremental steps which was equivalent to about 135 µm optical length
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incremental steps, as the refractive index of the agar gel was taken to be 1.35. In other
words, considering the surface of the first agar gel as the reference, the scans took place
at eight different depths of 280, 415, 550, 685, 840, 955, 1090, and 1225 µm which are
shown in Figs. 6.4 (a), (b), (c), (d), (e), (f), (g), and (h), respectively. The sample was
mounted on a 3-axis translation stage with two motorized lateral stages and one manual
axial stage along the laser beam. Then after accomplishing each lateral scan which
produced an image, we manually moved the sample toward the laser using the axial stage
by 100 µm which was equal to 135 µm optical length. All images then were normalized
to the maximum recorded level of diffuse reflectance at each step. As discussed earlier,
the thickness of the first layer was 500 µm and the tumorous model region was a 4 mm
diameter cylindrical area enclosed in the second layer with the thickness of 1000 µm.
Therefore the two first scans took place above the tumorous area which resulted in noise-
like images which are illustrated in Figs. 6.4 (a) and (b), respectively. The third scan
was perform at the depth of 550 µm and it can be seen in Fig. 6.4 (c) that the tumorous
model region started to show itself at a lower level of diffuse reflectance compared to
the surrounding area. As we continued to focus into the sample, the lower scattering
tumorous model region manifested itself clearly in the provided images. Although all the
other scans situated into the tumorous model area, as we focused deeper into the sample
the signal started to fade out which was because of signal attenuation due to longer depth
of scan.
The columns labeled as (i), (ii), and (iii) in Fig. 6.4 show raw, median filtered, and
Gaussian filtered images, respectively. In other words, (i) is the image which was formed
using the recorded self-mixing signal as it was obtained from the data acquisition card, (ii)
was the raw image after applying a two dimensional median filter in Matlab, and (iii) was
the raw image after applying a Gaussian filter in Matlab. Results show that our proposed
technique can be used effectively in revealing the alterations in the optical properties of a
tissue model non-invasively.
6.1.7 Monte Carlo Results
Monte Carlo is the name for a range of powerful simulation methods with a broad range
of application which has also been used extensively in the field of modeling light–tissue
interactions [18,120,144]. To interpret the experimental results obtained from laser feed-
back interferometry diffuse reflectance imaging technique, scanning a three-layer agar gel
tumorous skin model, we numerically modeled the system by means of a MC simulation
engine. Our MC model consisted of the optical system model, photon population, and a
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FIGURE 6.4: Laser feedback interferometry diffuse reflectance imaging experimental results;
sub-figures of (a) to (h) illustrate the scan results at the focal depths of 280, 415, 550, 685, 840,
955, 1090, and 1225 µm from the surface of the first agar layer, respectively. (i)s show raw
self-mixing image, (ii)s show the two dimensional median filtered image, and (iii)s show the two
dimensional Gaussian filtered image.
three-layer tumorous skin model. We started the simulation by defining a Gaussian dis-
tribution of photons on the objective lens. About 2.5 million photons were included in the
numerical model at each point which were characterized based on the specifications of
the laser we used to conduct the experiments in Sec. 6.1.5.
We defined the geometrical and optical characteristics of the three-layer tumorous skin
model in the simulation based on the properties of the agar gel sample that we described
in Sec. 6.1.4. That is, the first layer in the numerical skin model was started with a
150 µm thick layer, modeling the cover slip, with scattering and absorption coefficients
of zero. The second layer in the simulation was a 500 µm thick layer as the epidermis
layer model, equivalent to an agar gel layer doped with about 1% volume proportion of
instant coffee. The third layer in the simulation was a 1000 µm thick layer modeling the
dermis layer, equivalent to an agar gel layer doped with about 0.1% volume proportion
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FIGURE 6.5: Monte Carlo simulation results for the three-layer tumorous skin model equivalent
to the agar gel sample; sub-figures of (a) to (l) illustrate the simulated results at the focal plane
depths of 185, 320, 455, 590, 725, 860, 995, 1130, 1265, 1400, 1535, and 1670 µm from the
surface of the first skin layer model, respectively.
of TiO2 enclosing a 4 mm diameter cylindrical lower scattering area in the middle. The
fourth and final layer in the simulation was a 3.15 mm thick layer as the subcutaneous
tissue model, equivalent to a pure agar layer. We defined basic scattering and absorption
coefficients for all the three skin model layers equal to the values calculated in Sec. 6.1.4
for about 1% volume proportion of agar gel which were 65.85 and 0.5 m−1 for scattering
and absorption coefficients, respectively. Then the extra optical properties due to the
addition of TiO2 and instant coffee were added to the basic optical properties. Scattering
and absorption coefficients for TiO2 were taken to be 142950 and 0 m−1, respectively,
and for instant coffee were taken to be 0 and 19948 m−1, respectively, as measured in
Sec. 6.1.4. We approximated the refractive index of all the layers including the cover
slip to be 1.35 and the Henyey–Greenstein phase function with anisotropy factor of 0.85
was also considered to calculate the new direction of photons in the case of scattering
events [66,110].
Photons enter the skin model and interact with the turbid media in the simulation. A
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small proportion of the photons travel back from the skin model and made their way back
to the lens system. After performing ray tracing method to model the path of photons in-
teracting with the lens system, the ones which found their way to the laser aperture were
counted as a measure of diffuse reflectance level. To perform the ray tracing we defined
the geometrical specifications of the lens system as it was used in the experiments con-
ducted in Sec. 6.1.5. As with the experiments, simulations were also performed point by
point by raster scanning the photon beam over the skin model to prepare the images.
Furthermore, the area of simulated scans were 6× 6 mm including 41× 41 steps with 150
µm step sizes, similar to that for the experimental results.
Figure 6.5 depicts the simulated MC results at 12 different depths into the tumorous
skin model. We started the first scan at the depth of about 185 µm into the tumorous
skin model from the surface of the first skin layer and the result can be seen in Fig. 6.5
(a). We continued to scan by further depth sectioning. We moved the optical system
numerically with 100 µm incremental steps which was equivalent to 135 µm optical length
as the refractive index was considered to be 1.35. It means that the focal plane of the
12 scans laid at the depths of 185, 320, 455, 590, 725, 860, 995, 1130, 1265, 1400,
1535, and 1670 µm from the surface of the first skin layer model and the results of these
numerical scans are shown in Figs. 6.5 (a) to (l), respectively. In the MC simulation,
tumorous skin model was situated between the depths of 500 to 1500 µm. Therefore,
the first three scans which were (a) to (c) and the last two scans which were (k) and (l)
took place outside the tumorous area and it is clearly seen from Fig. 6.5 that images at
these depths have lower contrast compared to the scans inside the tumorous area which
are (d) to (j). Although the scans in Figs. 6.5 (b), (c), and (k) were performed at the
depths outside the tumorous region, we are still able to see noisy images of the circular
tumorous area as the sensing volume in the simulations at these depths were extended
into the tumorous region. The simulated results in this section shows consistency with the
experimental results in Sec. 6.1.5 and enables us to investigate the new possibilities and
implementations of the technique in further research.
6.1.8 Conclusion
Keratinocyte skin cancer, in particular basal cell carcinoma and squamous cell carcinoma
are the most frequently observed malignancies in the fair-skinned population [128, 129].
The most important factor in the development of KSC is exposure to increased ultra-violet
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radiation while skin phenotype also plays an important role [128]. These kind of neoplas-
tic skin diseases often develop from pre-existed skin lesions. As an example actinic ker-
atoses are the most common precursors to squamous cell carcinomas [160]. Diagnosis
of KSC in early stages is challenging as human skin has a large surface and it is suscep-
tible to numerous diseases. Some of them may resemble one type of skin cancer closely.
Laser and other optical imaging techniques based on functional and structural modalities
of skin tissue which are able to provide in-depth images of skin tissue are promising tools
to be used in early skin cancer detection compared to conventional techniques such as
using a dermascope and histopathological tests.
In this paper we proposed a new technique of diffuse reflectance imaging in the near-
infrared region with applications in in vivo biological tissue imaging and skin cancer detec-
tion. We proposed a compact, low-cost, self-aligned, and versatile LFI system in a con-
focal configuration. The confocal set up allowed to perform depth sectioning in preparing
the images. To examine the technique we applied it to a three-layer skin tissue phantom
and performed MC simulation of the experimental set up including the numerical model of
the skin phantom. The skin tissue phantom was made up of agar gel dope with absorbers
and scatterers to control the optical properties and included a 4 mm diameter cylindrical
lower scattering region encapsulated in the second layer which resembled a KSC. We
provided eight images from the skin tissue phantom at different depths into the sample by
135 µm optical incremental steps. A high degree of consistency exists between experi-
mental and computational results which validated the theoretical base of the technique to
be used in such purposes and the capability of the technique to produce sensitive images
of the lower scattering region at different depths and with a penetration depth of well over
1.2 mm into the skin phantom.
6.2 Confocal Laser Feedback Tomography in Skin Can-
cer Detection
6.2.1 Abstract
We propose confocal laser feedback tomography for non-invasive cross-sectional imag-
ing of soft biological tissues at depths penetrable to near-infrared beam. Confocal laser
feedback tomography as an implementation of reflectance confocal microscopy is based
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on laser feedback interferometry technique which is a heterodyne interferometric method
of sensing. This compact system uses a semiconductor laser as both transmitter and
receiver of the beam and possesses the imaging power of a confocal microscope. We ex-
amined the technique on keratinocyte skin cancer tissue phantoms by introducing macro-
structural changes in dermis layer due to cancerous activities in the form of reduced opti-
cal properties. Experimental results tied with numerical simulations show the feasibility of
a sensitive tomography system to be used in optical interrogation of deep skin tissue.
6.2.2 Introduction
Tomography which means the visualization of slices has gained momentum in biomedical
imaging during the past decades [177, 178]. Optical tomography techniques such as
diffuse optical tomography [179–181] and optical coherence tomography [37, 43, 45] use
visible or near infrared lights to map the optical properties of highly scattering biological
tissues. These techniques are safe and relatively low-cost compared to other tomography
techniques [45] and are also able to image both morphological and functional features of
biological tissues [182].
Despite all the advances, the research area is far from being mature and there is
still place for a lower cost, versatile, and potentially portable tool which can be used
for oncology purposes. We propose confocal laser feedback tomography (LFT) to be
used for applications such as skin cancer detection. Confocal LFT works based on laser
feedback interferometry (LFI) technique [8–10, 70, 71], and has already been limitedly
applied to non-biomedical applications [140,183,184]. In the proposed system a vertical-
cavity surface-emitting laser (VCSEL) serves as both transmitter and receiver of the beam
and sensing signal happens as a result of interferometry of the beams inside the laser
cavity [8–10, 70, 71]. This system has a confocal structure and can be considered as an
implementation of confocal microscopy [38, 39, 138], where VCSEL aperture acts as a
pinhole for the system to eliminate out of focus reflected beams [141]. One of the main
advantages of this system is to be compact, at the same time it possesses the imaging
power of a confocal microscope. That is because confocal LFT is self aligned; we only
need to focus the beam into a tissue and back reflection to the laser occurs through the
same optical system. On the other hand, there is no need for a detection arm as detection
happens inside the VCSEL cavity and signal can be obtained from VCSEL’s terminal
voltage or photocurrent of an in-built photodiode situated inside the VCSEL’s package. In
addition, confocal LFT is a very low optical power system, in the range of a few hundreds
of micro-watts, due to heterodyne nature of self-mixing detection, where a minute portion
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of the reflected beam mixes with strong intra-cavity fields within the VCSEL’s cavity to
make a sensitive and safe sensing device [8–10,70,71]. Also, VCSEL is chosen to operate
at 850 nm, within the biological window, to avoid high absorption of water, oxygenated and
deoxygenated haemoglobin and benefit from maximum penetration into soft biological
tissues [179].
To examine the system we tested it in a skin cancer detection application. Melanoma
and keratinocyte skin cancers (KSCs) are the most common types of cancer among fair-
skinned people [128] and the incidence rate is increasing ever year [129]. Although KSCs
(equally called non-melanoma skin cancer) have a high cure rate, they can still be aggres-
sive [128, 130] and early detection will reduce the mortality rate [3]. Use of non-invasive
techniques to improve skin cancer detection started by introducing dermascope to the
field in the late ’80s [25, 26]. Afterward other techniques have been proposed and ap-
plied [28,46], but confocal microscopy can probably be considered as the most successful
method in this application [31–35]. In this work, we used confocal LFT as an implementa-
tion of confocal microscopy to make three-dimensional (3D) and cross-sectional images
of macro-structural changes in the skin tissue due to cancerous activities. We used three-
layer silicone-based tissue phantoms of three different types of KSCs as cancerous tissue
models. Three layers of tissue phantoms represent epidermis, dermis, and subcutaneous
tissue layers. Cancer affected regions have been incorporated into these tissue phantoms
as volumes of reduced optical properties (such as scattering coefficient (µs) and absorp-
tion coefficient (µa)) situated in the dermis layer [11]. Reduction of about 10, 30, and 40
percent in the µs of infiltrative basal cell carcinoma (infBCC), nodular basal cell carcinoma
(nodBCC), and squamous cell carcinoma (SCC), as the three types of KSCs, have been
reported in [11] and typical optical properties of skin tissue layers have also been reported
in [110], which we adopted to prepare tissue phantoms. Results show that confocal LFT
is able to provide cross-sectional images of the tissue at depths of up to 0.9 mm into the
tissue phantom and volumes of the phantom at altered optical properties can be mapped
in 3D space at different levels of sensitivity. It is also shown that this technique is sensi-
tive enough to detect reduction in the µs of the dermis layer as small as only 10 percent.
In addition to the experimental results, we also conducted a Monte Carlo (MC) simula-
tion which studies the execution of the proposed optical system on equivalent numerical
models for the KSC tissue phantoms. Numerical results show a high degree of consis-
tency with the experimental results and endorse the idea of using confocal LFT in such
an application.
This work investigates the feasibility of a new optical technique which may have an
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effective role in skin cancer detection. The remainder of the paper is structured as fol-
lows: section 6.2.3 discusses the theory and configuration of confocal LFT, section 6.2.4
presents the experimental aspects of the work including tissue phantom making proce-
dures and also details and results of the experiments, in section 6.2.5 a MC numerical
model of the same optical system and tissue models is presented and simulated results
are compared with the experimental results, and finally section 6.2.6 concludes the paper.
6.2.3 Confocal laser feedback tomography
Confocal LFT works based on LFI technique [8–10, 70, 71]. Sensing in this technique
occurs when a fraction of the laser beam reflects back from a distant target into the laser
cavity and interferes with the strong intra-cavity fields, therefore modulating both the am-
plitude and frequency of the lasing field. Back-reflected beam contains information about
the target which then can be extracted by monitoring the laser’s output optical power or
terminal voltage. Although this phenomenon can be observed in different types of lasers,
laser diodes are mainly used as the source/detector in such systems [71,82]. LFI can be
used in general remote sensing applications such as distance, displacement, vibration,
and velocity measurements [71], but two applications that show its potential functional-
ity to be applied to in vivo biological tissue tomography are 3D imaging and microscopy.
LFI has been used to obtain images of objects in 3D space [185–187], and also in non-
biological [77, 117, 118, 139] and biological [188, 189] microscopy applications, where is
can easily go down to sub-micrometer lateral resolutions. In one of the first demonstra-
tions, Jusˇkaitis et al. represented a simple and compact confocal microscope using just a
laser diode and a optical system based on LFI technique [77].
In a reflectance confocal microscope, a fraction of the back-reflected beam coming
from a minute spatial sensing volume around the focal point, which passes through a
pinhole situated on its way back, is detected usually by photomultiplier tubes or avalanche
photodiodes. Pinhole acts as a spatial filter to eliminate out of focus beams [38, 39,
138]. To achieve optical sectioning, we need to scan the focal point over the target at
a constant depth. Confocal LFT using a semiconductor laser such as a VCSEL, is a
special embodiment of a confocal microscope, where VCSEL aperture (with a diameter
normally in the range of a few micrometers) serves as a confocal pinhole. The main
difference is that in a conventional confocal microscope sensing signal is the amount
of back-reflected light detected by a photodiode, while it is as a result of interferometry
in the laser cavity in a confocal LFT which makes it a simple and compact technique.
Figure 6.6 illustrates the configuration of the confocal LFT used in this work, and it shows
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how VCSEL’s aperture acts as a confocal pinhole to eliminate the out of focus beams.
Furthermore, VCSEL operates just above the threshold current and incident optical power
on the target is in the range of a few hundreds of micro-watt which makes it a safe and
low-power device compared to other similar counterparts for the purpose (for instance, a
typical confocal microscope uses an in-plane laser diode with a maximum optical power
of 35 milliwatts [5]). Being safe, low-power, and compact, confocal LFT has a potential
to be used as a portable tool for oncology purposes. We have previously suggested
confocal LFI for skin cancer detection purposes [141, 149] and its versatility is shown by
a dual-modality imaging application D.
FIGURE 6.6: Confocal laser feedback tomography apparatus with VCSEL’s aperture acts as
a confocal pinhole to eliminate out of focus beam. VCSEL current is modulated at a low level
around the operating current to create two levels of LFI signals. Beam is focused on a silicone-
based three-layer KSC tissue phantom.
6.2.4 Experiments
Keratinocyte skin cancer tissue phantom
Human skin is a multi-layer tissue and mainly consists of three layers of epidermis, der-
mis, and subcutaneous tissue. Epidermis, the outermost layer, contains melanin, the main
absorber of visible light, while dermis doesn’t and has a lower µa. Subcutaneous tissue
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is the lowermost layer and consists of fat cells. Optical properties of human tissue have
been studied extensively [88]. However, universal and well-known cancerous activities
such as angiogenesis [14], abnormal cell nucleus structure [190] (as the main scatterer
of light), increased nuclear to cell volume [158], out-flow of fluid from leaky blood ves-
sels [56], and other morphological and molecular changes will alter the optical properties
of cancerous skin tissue [11]. These micro- and macro-structural changes are considered
as biomarkers in an optical system for diagnostic and treatment purposes.
This work focuses on detecting regions at altered optical properties in three types of
KSC. In order to make skin tissue phantoms, µss of epidermis, dermis, and subcutaneous
tissue models are taken to be 23, 13, and 13 mm-1, respectively, and µas of them are
taken to be 0.4, 0.1, and 0.1 mm-1, respectively [110]. We included the cancer affected
regions as cylindrical regions situated at the second layer (dermis) and enclosed by it, with
a diameter of 3 mm, and a thickness similar to dermis layer. Diameters of the cancerous
models were in the range of typical KSC precursors [161]. We considered reduction in
the optical properties of the cancerous models with respect to dermis layer. In [11], opti-
cal properties of infBCC, nodBCC, and SCC samples were measured over an extended
spectral range, and it was shown that at 850 nm the µss of infBCC, nodBCC, and SCC
drop by factors of 0.9, 0.7, and 0.6, respectively, and µas of them drop by factors of 0.8,
0.2, and 0.4, again respectively, all with respect to dermis tissue optical properties [11].
We applied these levels of decrease in the optical properties of the cancerous regions in
three types of KSC tissue phantoms.
We chose to fabricate silicone-based tissue phantoms due to their stability and good
performance in providing homogeneous samples. Commercial kit for base and curing
agent for two-part polydimethylsiloxane (PDMS), which is a room-temperature vulcanizing
silicone, were purchased (Sylgard® 184 Silicone Elastomer Kit). PDMS refractive index
is about 1.43, in the range of infrared. This is close enough to its value for human skin
tissue [191]. PDMS is a clear material with negligible µs and µa. Therefore, we used
titanium dioxide (TiO2) and Indian ink to control its optical properties. TiO2 and Indian
ink are among the most accepted scatterer and absorber of light in this spectral range,
respectively [85]. We purchased commercially available TiO2 (Sigma-Aldrich, Corp.) and
Indian ink (Winsor & Newton, Co.). TiO2’s µa and Indian ink’s µs can be neglected as they
are much smaller than their other optical properties. We approximated the µs and µa of
pure TiO2 and Indian ink, using Beer-Lambert technique [149], to be about 380 and 290
mm−1, respectively.
To make the base silicone gel for each one of the layers, we added 2.5 gr of PDMS
curing agent to 25 gr of base part (one to ten proportion). We added TiO2 and Indian ink
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to the base gel based on the calculated proportions to make favorite optical properties
for each one of the layers. TiO2 was added in a weight-to-weight way using a 0.1 mg
precision balance, while Indian ink was added using a 1 micro-liter precision pipette. After
adding TiO2 and Indian ink we stirred the mixture mechanically for about 30 minutes to
achieve a uniform distribution of scatterers and absorbers. In order to make the layers,
we poured the mixture between acrylic glass sheets and put thin sticky tapes or other
spacer between the sheets to achieve favorite thicknesses. Layers were then left for at
least two days to cure. We chose acrylic glass sheets because it was easier to remove
the layers from them after curing process, compared to other types of glass slide. We
built epidermis, dermis, and subcutaneous tissue layers with thicknesses of 80, 220, and
1100 µm, respectively, and the thickness of cancerous models are the same as epidermis
thickness. We place a 150 µm glass cover slip on top of the KSC tissue phantoms as an
anti-diffusive layer. A schematic diagram of one of these KSC tissue phantoms can be
seen in Fig. 6.6.
Experimental details
Experimental setup is shown in Fig. 6.6. In this setup we used an 850 nm VCSEL (Litrax
Technology Co., Ltd.) operating at 3.55 mA, just above the threshold current (at about
3.4 mA). VCSEL was temperature controlled at 35°C to have a better LFI signal [122].
Beam was collimated (using a C240TME-B, Thorlabs, Inc. lens) and focused (using a
C330TME-B, Thorlabs, Inc. lens) on the target. Focused beam had a focal length and
numerical aperture of 3.1 mm and 0.68, respectively, and a focal beam spot diameter
and Rayleigh length of about 1.8 and 2.9 µm, respectively. Laser and optical system
were placed on a three axes translation stage (Zaber Technologies Inc.). Perpendicular
beam was then raster scanned over the phantoms. Scanned area at each one of the
optical sections was 4.5×4.5 mm in 91×91 steps at 50 µm pitches (lateral resolution),
and when accomplished, focal point was moved deeper into the phantom by 20 µm (axial
resolution) to the next optical section, by 48 steps (scanning an axial length of 0.94 mm).
Scans were started at about 40 µm above the phantoms and a volume of 4.5×4.5×0.9
mm of the phantom was scanned. VCSEL current was modulated at a low level around
the operating current (as shown in Fig. 6.6) to create two levels of feedback which was
then extracted as the LFI signal to quantify the reflection level. Frequency of current
modulation was 5 kHz. Signal was acquired from an in-built photodiode in the VCSEL
package, using a data acquisition card at a rate of 100 kS/s. At each point 1000 samples
of the signal were read and fast Fourier transform was applied to the time sequence to
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convert the signal into frequency domain. LFI signal was then extracted at the frequency
of modulation (5 kHz).
FIGURE 6.7: Average signal levels (red dotted line), dynamic range of the signal at optical
sections (green dashed line), and compensated dynamic range (blue solid line) versus the scan
depth from the top of the cover slip (all normalized to the maximum levels), for three types of KSC
tissue phantoms: (a) infBCC, (b) nodBCC, and (c) SCC.
Skin phantoms are strongly scattering and beam will be attenuated as soon as it enters
them. Therefore, we needed to compensate for the signal attenuation to reconstruct the
3D images. We measured the average signal level at each one of the optical sections and
compensated for the drop in the signal levels as the beam got deeper into the phantom.
In addition, we needed to compensate for the drop in the dynamic range of the signal at
each one of the optical sections. So, after normalizing the signal levels at optical sections,
we multiplied them by a reverse factor of attenuation. Figure 6.7 shows the average signal
levels, dynamic range of the signal at optical sections, and compensated dynamic range
versus the scan depth from the phantom surface (phantom surface is considered as the
surface of the cover slip). Higher dynamic ranges of signal in this Fig. happen at depths
where cancerous models are incorporated and are indicators of strong changes in the
optical properties over the scanned areas.
Results
Figure 6.8 shows the scan results at each one of the optical sections, starting at just
above the top surface of the epidermis layer in the SCC phantom and ending at the depth
of 400 µm, including 21 images. A two dimensional median filter has been applied to
provide these images, and slice images are compensated for the drop in the level of signal
and dynamic range (as discussed in section 6.2.4) and are normalized to the maximum
level of signal in all the slices. The first five slices occur in the epidermis layer (80 µm
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tick) where there is no cancerous region. And, small circular drop in the level of signal is
due to the cancerous model at deeper areas. Images at the depths of 100 and 280 µm
and between, cross the cancerous model (with lower optical properties) situated in the
dermis layer (220 µm tick). Stronger contrast can be seen in these images. Other images
situate in subcutaneous tissue. Small areas with higher contrast on the right side of the
first slices outside the cancerous image in Fig. 6.8, are due to an air gap between the
epidermis and dermis layers, where these layers are not stuck together completely.
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FIGURE 6.8: Images provided at different depths of SCC phantom, starting at just above the top
surface of the epidermis layer and ending at the depth of 400 µm in subcutaneous tissue. Stronger
contrast can be seen at depths where cancerous model is incorporated, enclosed in the dermis
layer.
If we put all the optical sections on top of each other and resolve the signal points in a
3D space, we have a 3D matrix of signals that can be used for making different types of
3D visualization. For instance, isosurface of points at a constant reflection level (CRL) can
be illustrated. It is an enclosed surface, encompassing regions at lower level of signal. It
means at a proper level of signal, isosurface should display regions at a reduced optical
properties (KSC models). Figure 6.9 (a) to (c) shows (i) angle view, (ii) top view, and (iii)
side view of isosurfaces for infBCC, nodBCC, and SCC, respectively. Larger drop in the
optical properties of cancer model results in higher contrast in signals, while smaller drop
results in lower contrast, where noise and imperfections of the system may submerge the
signal area. Isosurface images for infBBC, nodBCC, and SCC in Fig. 6.9 are provided at
CRLs of about 0.7, 0.5, and 0.3, respectively (considering the normalization of signal to
the maximum signal value in each one of the cases). Formation of an enclosed volume
at a lower CRL indicates a stronger contract in the level of optical properties. From the
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CRLs in Fig. 6.9, it is inferred that SCC has the highest contrast, while infBCC has the
lowest one. This result matches the level of drop in µs for infBCC, nodBCC, and SCC
which are by factors of 0.9, 0.7, and 0.6, respectively (considering µs as the dominant
optical property as it is much larger than µa). Figure 6.9 (a) shows that this confocal LFT
is sensitive enough to show just 10 % drop in µs which can be considered as the sensitivity
level of the system as well.
FIGURE 6.9: Isosurfaces for (a) infBCC at CRL of about 0.7, (b) nodBCC at CRL of about
0.5, and (c) SCC at CRL of about 0.3. (i), (ii), and (iii) represent the angle, top, and side views,
respectively. Axes of the plots are the coordinates of the scanned volume in µm.
In order to find the threshold CRLs in Fig. 6.9, we plotted isosurfaces for CRLs from
zero to one in 0.01 increments. Regions at lower reflections appeared first and at a
threshold CRL, volume at reduced optical properties and its boundaries were visible. Fig-
ure 6.10 visualizes how CRLs are used to make isosurfaces. It shows a CRL at 0.3 cutting
a surface view of one of the SCC phantom optical sections. Regions at a lower reflection
level are enclosed in the corresponding isosurface.
6.2.5 Simulations
Monte Carlo model
Monte Carlo is a powerful method for modeling light-tissue interactions and characteriz-
ing optical techniques [144]. We performed a MC simulation to examine the experimental
results. We used an in-house object-oriented MC engine prepared in MATLAB (R2015a,
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FIGURE 6.10: A constant reflection level (red plane) at 0.3 cutting one of the optical sections of
SCC phantom (regions below the constant reflection level will be enclosed in the isosurface view).
UQ academic license, Brisbane, Australia). To perform MC modeling, we numerically
defined optical system (laser and lenses), beam (a population of photons moving in 3D
space), and KSC models. Numerical models for infBCC, nodBCC, and SCC were defined
with the exact geometrical shapes and optical properties of that for the KSC phantoms,
a explained in section 6.2.4. We took the refractive indexes of the models for cover slip
and layers to be 1.35 for the purpose of index matching. A population of 0.2 million pho-
tons was defined with a spacial Gaussian distribution on the objective lens. Photons were
launched toward the targets in a hyperboloid geometry [61]. A portion of the photons
enters the KSC models and interacts with scatterers and absorbers. We used a Henyey-
Greenstein phase function with anisotropy factor of 0.85 to define scattering angles. A
portion of the photons exits the KSC models, passes through the lenses, and reenters the
laser aperture which we considered as detected photons. Lenses were defined based on
the physical characteristics of the ones we used to conduct the experiments (C330TME-
B and C240TME-B) released by Thorlabs incorporation. Numerical structure resembled
the experimental setup as shown in Fig. 6.6. Numerical model was scanned over the
KSC models in a similar way as we scanned the experimental setup, scanning the same
volume but with different numbers of step. A volume of 4.5×4.5×0.9 mm in 37×37×31
steps, at pitches of 125×125×30 µm was numerically scanned and at each point the
number of detected photons was considered as the reflection signal level.
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Results
In a similar way, we put the numerical reflection signals in a 3D matrix corresponding to the
scanned volume of the targets and plotted the isosurfaces of regions at lower reflection
levels. Figures 6.11 (a) to (c) show (i) angle, (ii) top, and (iii) side views of isosurfaces for
infBCC, nodBCC, and SCC models, respectively. It can be seen that numerical results
are closely similar to experimental results in Fig. 6.9. Figure 6.11 (a) is at a lower noise
level compared to Fig. 6.9 (a), which is expected as numerical model is not noisy as its
experimental counterpart.
FIGURE 6.11: Numerical isosurfaces for (a) infBCC, (b) nodBCC, and (c) SCC, when (i), (ii), and
(iii) represent the angle, top, and side views, respectively. Axes of the plots are the coordinates of
the scanned volume in µm.
6.2.6 Conclusion
Confocal laser feedback tomography was proposed to be used in non-invasive skin cancer
detection. This technique was applied to cancerous tissue phantoms. Three-layer silicone
based phantoms for infiltrative basal cell carcinoma, nodular basal cell carcinoma, and
squamous cell carcinoma were built and cancer affected models were incorporated in
these phantoms as regions at reduced optical properties. Cross-sectional imaging were
done and tomographic presentation of macro-structural changes in the optical properties
of the phantoms were illustrated in three dimensional space. To underpin the experimental
results, system was studied numerically using Monte Carlo simulation and it was shown
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that numerical results were consistent with experimental results. Results of this work
suggest the feasibility of a sensitive, low-cost, versatile, and compact device with potential
applications in early skin cancer detection.
Chapter 7
7. Parallel Laser Imaging
The parallel read-out sensing scheme enables high-resolution imaging systems employ-
ing electronic scanning with faster acquisition rates in one dimension than mechanical
scanning systems. To achieve this, a 24 channel monolithic VCSEL array imaging system
was proposed by the previous group members [192, 193] and electronic parts such as a
24 channel driver including the receiver, and amplifier were designed and built. As a part
of my PhD I tested and characterized the VCSEL array, measured the light–current and
voltage–current curves for the channels, measured SNRs of the channels under different
current operations, determined optimized operational currents to gain the best SNR from
the channels, investigated the thermal behavior of the array by installing thermistors next
to the array, installed electric triggering of the channels, conducted the noise characteri-
zation of the channels, was involved in mounting the laser array head on x–y–z translation
stages, created LabVIEW software to control and run the system and save the signals in a
PC, tested and automated the software to control the currents of the array, and performed
signal processing, amongst other work.
This chapter includes the details of the activities that I have carried out or I was actively
involved within this project. Then it is followed by paper G which discusses the enhance-
ment of the SNR of each one of the laser channels in a concurrent operation of VCSELs
in the array, a phenomenon that was linked with temperature increasing due to concurrent
operation of laser channels in the array, which was observed and documented for the first
time in such systems.
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(a) (b)
FIGURE 7.1: Parallel readout components (a) mounted 24 channel VCSEL array including two
thermistors at the ends (b) 24 channel driver including receivers and amplifiers of the channels.
7.1 Optical Laser Head
The first step in conducting the project was to prepare a circuit for the optical laser head.
A 24 channel proton implanted VCSEL array (purchased from LITRAX Company) was
installed on a one squared centimeter Surface Mount Ceramic Package by epoxy. The
length of the array was about 5 mm with pitches of 220 µm (distance between channels).
Due to safety regulations, the wavelength of 850 nm (near-infrared) was chosen for the
lasers as light at this wavelength is safe (safer compared to ultraviolet) for human tissue,
where it has a low absorption and longer penetration depth. However, one important pre-
caution when working with lasers at 850 nm is to wear proper safety goggles as the beam
at this wavelength is invisible. Wire bonding was done by a local company which had
thermo-sonic wire bonding facility to solder golden micro wires to the laser electrodes
and ceramic package contacts. The printed circuit board (PCB) which was needed to
mount the ceramic package on, was prepared by other group members. A 40 pin connec-
tor was placed on the PCB and a proper ribbon cable was provided to connect the optical
head to the laser drivers. Figure 7.1 (a) shows the laser mount package and fig. 7.1 (b)
shows the 24 channel driver which includes the receivers and amplifiers to run the array.
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7.2 Thermal Effects on the Operation of VCSEL Array
The thermal behavior of the laser array was characterized. Two miniature surface mount
thermistors were ordered and installed near the ends of the laser diode array to monitor
the temperature changes. Thermistors can be seen at the two ends of the laser array in
fig. 7.1 (a). Investigating the effects of temperature changes on the operation of the lasers
is important in finding optimized laser currents. We measured the thermistor parameters
and characterized them by placing the circuit, including the thermistors, in a constant tem-
perature chamber with a controlled temperature. We plotted the resistance–temperature
curves for the thermistors by sweeping the temperature of the chamber and writing down
the resistances of the thermistors. We used the Steinhart-Hart formula model as follows
to estimate the thermistor’s parameters:
1
T
= A+B · log(RT ) + C · (log(RT ))3, (7.1)
where A, B, and C are the thermistor’s parameters and RT is the resistance at the tem-
perature T . We required these parameters to determine the temperature by measuring
the resistance of the thermistors.
Operation of each one of the lasers has thermal effect on the operation of other ad-
jacent lasers. This is known as thermal crosstalk between the laser channels. The heat
at each one of the lasers is generated by the electric current passing through them. We
monitored the thermal changes in the laser array, which is a function of the currents pass-
ing through channels using thermistors and also a thermal camera. Further discussions
about thermal effects are included in paper G.
7.3 Characterization of VCSELs in the Array
We characterized each one of the laser diodes in the VCSEL array to predict their behav-
iors in the system. Characterizing a laser means to obtain its L-I-V curves which are the
optical power and junction voltage versus laser current. These curves help to determine
threshold and thermal roll-over currents. A circuit was built to get access to the terminal
voltage of each one of the single channels in the array and an Arroyo Instruments laser
driver was used to sweep the current of each one of the lasers automatically and saved
the junction voltages and optical powers concurrently. Optical power was measured by
means of a power meter. The light–current curves for seven of the lasers are shown in
fig. 7.2 (a).
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(a) (b)
FIGURE 7.2: (a) Light-current curves for 7 exemplar channels of the VCSEL array and (b) beam
profile of 12 exemplar channels of the VCSEL array.
We also measured the beam profile of each one of the single channels, which contains
information as the beam shape and divergence angle. Determining the beam profiles
helps us to control, collimate, and focus the beams. To do that, we turn on the lasers one
by one and measured the emitted optical powers at different angles around the lasing
axis. In the setup, we placed the laser at a fixed position and swept the power meter head
around the laser. The maximum power occurs along the lasing axis (which is the axis
perpendicular to the laser aperture surface) and as one moves away from the lasing axis,
the optical power drops. The measured beam profiles show that they are approximately
Gaussian with divergence angles of about 7.5°. The beam profiles of the first 12 channels
can be seen in fig. 7.2 (b). As shown in this Fig., the maximum optical power occurs at
90°, as expected (lasing axis).
7.4 Driver, Control Software, and Translation Stages
We tested and troubleshot the driver of the 24 channel system. The driver was composed
of 24 separate channels of drivers, receivers, amplifiers, and filters. The driver was de-
signed and built by other group members. We connected the lasers and optical head to
the driver by a cable ribbon. Then we connected the driver to the PC using a National
Instrument Data Acquisition Card. We examined the signals from the channels coming
from a simple rotating disk target. We located the faulty channels and the nature of the
problems and we looked up the bad connections on the laser driver boards and noisy
channels. One of the problems with the laser driver was that there was not any trigger
input in the driver to synchronize the measurement with an external trigger signal. We
found the input pin numbers of the NI DAQ card to get the trigger signal and installed an
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FIGURE 7.3: Translation stages and optical head on an optical table.
SMA port on the driver circuit and connected it to the trigger output of the signal generator.
This enabled us to modulate the laser currents.
To control the VCSEL array drivers, software was developed. Using this software, the
current, voltage, and gain of the each channel could be controlled individually. We also
tested the software and diagnosed the problems and reported them. In this system, the
diode junction voltages of the VCSELs are received and amplified as the LFI signals.
We installed the laser in a cage structure which included a large monolithic lens (to
focus the beam) and the optical laser head. We then installed the cage and driver on
a x–y–z translation precise motorized system. We used the translation system to move
the optical head laterally (to carry out the scans) and vertically (to focus the beam). For
this purpose we used three Zaber stages. We installed the stages on an optical table and
attached the cage structure to a bracket on the vertical axis. We connected the translation
stages in series and created LabVIEW software to control the movement of the stages, as
well as to acquire the signal from the VCSELs terminal voltages concurrently. Figure 7.3
shows the translation stages and the optical head.
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FIGURE 7.4: Three rounds (R1 to R3) of measurements to find the optimum operational currents
(which are the currents measured at R3 or green bars).
7.5 Finding Optimum Operational Currents for VCSELs
One of the challenges of the system was that the VCSELs in the array were not identi-
cal. This means that they had different threshold currents, thermal behaviors, and beam
profiles. Therefore, we had to find the optimum operational currents for each one of the
lasers in order to obtain the best SNR from them. For that purpose, first we turn off all
the other channels and found the currents at which we had the highest SNRs for each
one of the channels, then we ran all the channels at 3.8 mA (the average of the optimum
currents from the previous round) and again found the optimum currents for each one of
the VCSELs. At the third round, we ran all the other channels at their optimum currents
(from last round) and found the new optimum currents for each one of the channels again.
This way, after three rounds of measurements we found the optimum operational currents
for each one of the laser diodes in the array. Results of the three round of measurements
and the optimum currents can be seen in fig. 7.4.
7.6 Parallel Imaging
We scanned a diverging–converging planar flow channel, using the 24 channel VCSEL
array parallel imaging system. The flow channel is shown in fig. 7.5 (a). A diluted mixture
of water and homogenized milk was pushed through the flow channel and scatterers
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(a)
(b)
FIGURE 7.5: (a) Flow channel and (b) Doppler flowmetry parallel imaging result of the flow
channel containing diluted milk.
were the fat particles presented in milk. The density of the fat particles can be controlled
by the diluting proportion of the mixture. This flow channel was a simple target to test
the system’s ability to detect flow as a lab-controlled model for blood perfusion. The
scan result can be seen in fig. 7.5 (b). Scan of the flow channel was carried out as four
horizontal sweeps of the array. This means that we moved the array horizontally for four
times along the flow channel to create the image. Horizontal step size was taken to be the
same length as the pitches of the VCSELs in the array, which was 220 µm. After finishing
each one of the sweeps, array was moved to its original place and then it was moved
5280 µm (24 × 220 µm) vertically to start the next sweep. Considering four horizontal
sweeps, the width of the scan area was about 20.9 mm (95 × 220 µm). To cover the
whole length of the flow channel, we included about 451 steps in the horizontal scan.
This means that the length of the imaging area was 99 mm (450 × 220 µm). At each
step time domain sequences of the voltage signal from the terminals of the VCSELs were
saved into a PC using a Data Acquisition Card. We applied the fast Fourier transform
to convert the time domain signals into frequency domain spectra and a set of Doppler
signals were calculated by means of this frequency spectra. Figure 7.5 (b) is the result of
signal processing.
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At the time when I approached the end of my PhD, the parallel imaging system was still
under construction and there were some issues with the optical system which needed to
be addressed. The rest of the chapter, presents paper G which is the discovered results
of the enhancement in the SNRs of the channels in a concurrent operation.
7.7 Paper G
Tucker, John R and Mowla, Alireza and Herbert, Jeremy and Fuentes, Miguel A and
Freakley, Craig S and Bertling, Karl and Lim, Yah Leng and Matharu, Ranveer S and
Perchoux, Julien and Taimre, Thomas and Wilson, Stephen J. and Rakic´, Aleksandar
D, “Self-mixing sensing system based on uncooled vertical-cavity surface-emitting laser
array: linking multichannel operation and enhanced performance,” Opt. Lett. 39, 394–397
(2014).
Abstract: We compare the performance of a self-mixing (SM) sensing system based
on an uncooled monolithic array of 24×1 Vertical-Cavity Surface-Emitting Lasers (VC-
SELs) in two modes of operation: single active channel and the concurrent multichannel
operation. We find that the signal-to-noise ratio (SNR) of individual self-mixing sensors in
a VCSEL array is markedly improved by multichannel operation, as a consequence of the
increased operational temperature of the sensors. The performance improvement can be
further increased by manufacturing VCSEL arrays with smaller pitch. This has the poten-
tial to produce an imaging system with high spatial and temporal resolutions that can be
operated without temperature stabilization.
Body: Many systems utilise a monolithic array of semiconductor lasers to increase the
capability and functionality of single channel systems [81,83,194,195]. Such systems are
able to dramatically increase the amount of data that can be acquired within a certain time
frame or the amount of time it takes to obtain a certain amount of data. This is particularly
important in the context of biomedical and industrial applications that have unstable or
dynamically changing flow velocities.
In recent times, there has also been increasing interest in acquiring images with a
monolithic array of lasers using the self-mixing (SM) effect [81,83]. This sensing technique
is based on the interference of light reflected from an external target with the light inside
the laser cavity, which leads to measurable changes in the output power and the laser
junction voltage. This is an attractive setup as the laser is used as both the source and
detector, which greatly reduces the complexity of the optical alignment and makes the
system more compact.
Initially, it may seem that simultaneous multichannel operation of SM sensors may
lead to problems common in other systems based on a monolithic array of lasers such
as optical, electrical and thermal crosstalk (XT). A fraction of light emitted from a vertical-
cavity surface-emitting laser (VCSEL) in a dense monolithic array will, upon reflection from
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the external target, inevitably fall on the neighbouring elements in the array [196]. In a SM
system based on such geometries optical XT may occur through the injection locking
between different channels (VCSELs) of the array [197, 198]. However, this is extremely
unlikely to occur in most applications as injection locking requires a number of conditions
to be met including mutual coherence and mode matching. This may be further avoided
by a small change in the operating temperature or injection current of the laser [199].
Electrical XT may also arise through electrical connections to the laser array but other
systems have been developed where this form of XT is insignificant at frequencies below
1 GHz [194, 200, 201]. Electrical XT may also be caused by the sharing of carriers via
resistive paths in the laser array itself although this can be circumvented with appropriate
semiconductor isolation structures [202].
Based on the results from other laser array based systems [195], it may also be ex-
pected that the heat generated by multiple lasers may decrease the performance of indi-
vidual SM sensors. Surprisingly, we find that the signal-to-noise ratio (SNR) of a mono-
lithically integrated SM VCSEL sensor arrays is actually enhanced rather than reduced
with multichannel operation. This is a consequence of the following phenomenon: max-
imum SNR achievable (over a range of operating injection currents) is increasing with
the laser temperature, a result akin to that observed by Matharu et al. in a single chan-
nel system [122]. This increase is due to changes in a number of different temperature
dependent parameters such as gain, voltage, and series resistance. However, there is
currently no comprehensive theoretical model to determine which parameters are limit-
ing or dominating this increase in the SNR with temperature. In this letter, we focus on
describing an experiment that proves the increase in maximum SNR with multichannel
operation in SM VCSEL array based sensors and discussing how the performance may
be further enhanced through the array design.
The effect of multichannel operation in SM sensors was investigated in an uncooled
24×1 VCSEL array custom manufactured by Litrax Technology Co., Ltd with the system
shown in Fig. 1. The VCSEL array was mounted in a surface mount ceramic package and
individual VCSELs were wire-bonded to pins of the package. The VCSELs are based
on proton implanted technology and have a pitch of 220 µm. A FLIR i7 thermal imaging
camera was used to examine the temperature profile of the array for different operational
settings.
A single macro lens (f=105 mm) was employed to focus all 24 laser beams onto a
rotating disk. The target was placed 35 cm from the laser array, which resulted in a beam
spacing of 220 µm and a magnification factor of 1. The laser array was oriented vertically.
7.7 PAPER G 137
24x1 VCSELArray24-channel
Laser Driver
Receiver 24 Lester A. Dine
105mm, f/2.8
24 16-bit 
DAQ
Driver-Receivercontrol
SMsignal
FIGURE 7.6: Experimental setup for measuring velocity on a rotating disk. The disk is tilted
around the vertical axis by 5◦ to produce a small velocity component in the direction of the laser
beam.
The aluminium disk, 10 cm in diameter, was sandblasted to provide a rotating diffusive tar-
get. The disk is tilted around the vertical axis by 5◦ to produce a small velocity component
in the direction of the laser beam. The disk was driven by a DC servo motor with a 43:1
gear reduction controlled by an Elmo Whistle motor controller. The stability of the disk’s
angular velocity for the duration of the experiments was better than 1%, as established by
monitoring the frequency of the motor’s rotary encoder. A custom built 24-channel laser
driver—receiver was used to individually bias each laser with a constant injection current.
The SM signals were obtained through monitoring variation in the voltage across the laser
terminals for each of the individual VCSEL terminals.
Each channel had a sampling rate of 62.5 kHz. The power spectral density of the time
domain signal was calculated in the LabVIEW programming environment to obtain the
SM signal spectrum and 32 consecutive spectra were averaged. The Doppler frequency
was extracted by fitting the power spectral density spectrum to the following function [79],
Fit(f) = a+
b
f c
+ d exp
(
−
(
f − fD
g
)2)
, (7.2)
where parameter a models flat (white) noise, b and c model 1/f noise, and, g and fD
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model a Gaussian distribution of Doppler components. The SNR was obtained by taking
the ratio between the peak value of the fundamental spectral feature of the Doppler signal
and a.
In this work, we are interested in uncooled operation of the laser array as Peltier
devices consume high amounts of power and make a sensing system less compact
and portable. For uncooled operation, the temperature of a single laser device may
be increased by increasing the injection current or the amount of power dissipated as
heat [203]. In array based operation, the heat generated by a single laser spreads to other
lasers in the array. The resulting temperature rise from a neighbouring laser is inversely
proportional to the pitch [204], which leads to the central lasers showing the highest rise
in temperature when all lasers are operating simultaneously. To examine the effect of
multichannel operation on the performance of a SM sensor we first measured the SNR of
one of the central lasers (Channel 12) for a wide range of bias currents from threshold to
10 mA. We then remeasured the SNR for the same bias currents while turning on other
lasers in the array. To maximise the temperature rise we simultaneously turned on the
remaining 23 lasers in the array. These lasers, which we will subsequently referred to as
the neighbouring lasers, were biased at the same injection current while the bias current
of the VCSEL under investigation was changed. Figure 2 shows the SNR of the central
(sensing) VCSEL over a range of bias currents.
Each curve corresponds to a different operating current in all neighbouring VCSELs.
The well-known increase and subsequent decrease of SNR with bias current can be ob-
served for all operating conditions [205,206]. For single channel operation (neighbouring
VCSELs not operating), the SNR increases rapidly above threshold before reaching a
maximum. The SNR then gradually decreases as the injection current is increased be-
yond the current for the maximum SNR.
When the currents in the neighbouring lasers were increased to 2 mA, which is below
the threshold current of each laser, the SNR in the sensing VCSEL increased significantly.
This indicates that the increase in SNR is not due to external optical XT as the lasers have
no observable signal level below the threshold current. Subsequent measurements on a
probing station showed that the electrical isolation between adjacent elements was of the
order of 5 MΩ. The injection current for the optimum SNR also slightly increases when
the neighbouring lasers are turned on, which follows the increase in the threshold current
with temperature as observed in a single channel system [122, 207]. This suggests that
the increase in SNR is due solely to the temperature rise in the sensing laser. Further
increase in operating current of the neighbouring VCSELs leads to a monotonic increase
in maximum achievable SNR.
7.7 PAPER G 139
FIGURE 7.7: SNR of central laser (Channel 12) versus injection current with different levels of
current in neighbouring lasers. The current in the neighbouring lasers are all biased at the same
current while the current of the central laser is varied.( circles - Single Channel, squares - Multi-
channel 2 mA, up triangles - Multichannel 5 mA, down triangles - Multichannel 8 mA, diamonds -
Multichannel 10 mA).
To investigate this further, we measured the SNR of the central laser (Channel 12)
while simultaneously operating six other lasers on the array. In each experiment, all seven
lasers were equally spaced. Three different sets of equal spacing were investigated (660,
440 and 220 µm). The injection current in all of the neighbouring lasers was set to 10 mA.
Therefore, in each experiment, the same electrical power was delivered to the laser chip.
To examine this issue in more detail, we used a thermal IR camera to obtain the tem-
perature profile of the array. Figure 3 shows a close-up photo of the array as well as the
thermal images for the different separation distances used in the experiment.
Figure 4 shows the SNR of the central VCSEL as a function of injection current. Three
curves correspond to three different separation configurations, with corresponding tem-
perature distributions shown in Fig. 3. Clearly, the SNR increases as the separation
distance between lasers decreases, which can be attributed to the higher temperature of
the central (sensing) VCSEL due to the heating sources being concentrated nearer the
sensing VCSEL.
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FIGURE 7.8: Close up photo of the array and thermal images for the different separation dis-
tances used for the experiments in Fig. 4. a) Photo, b) 660 µm spacing, c) 440 µm spacing, d)
220 µm spacing. Channel 1 is located at the left hand side of the images.
A consequence of this result is that the SNR may be further improved by manufactur-
ing an array with elements spaced more closely together. This would not only increase
the spatial resolution of an imaging system based on this array, but also allow for a smaller
lens to be used due to the smaller array size, making the whole optical system more com-
pact.The temperature rise in the array may also be increased by increasing the element
diameter as suggested by Osinski et al [204]. However, larger diameter VCSELs may
exhibit multiple transverse modes, which can affect the accuracy and performance of SM
sensors [193].
While a change in operating current and temperature strongly affects the SNR of the
system it also affects the emission wavelength of the lasers. We show here that this
substantial change in lasing wavelength has predictable, and almost negligible effect,
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FIGURE 7.9: SNR of central laser (Channel 12) versus injection current with simultaneous oper-
ation of six neighbouring lasers biased at 10 mA. There is an equal separation distance between
lasers with the separation distance varying for different experiments. (circles - 660 µm spacing,
squares- 440 µm spacing, triangles - 220 µm spacing).
on the Doppler frequency and calculated target velocity. The dependence of the lasing
wavelength on current and heatsink temperature was measured by placing the laser chip
in a temperature-controlled mount. The VCSEL wavelength dependence on current and
temperature measured on a stand-alone VCSEL of the same design as the VCSEL array
used in this work. Measurements were executed for a range of temperatures between
10 and 60 ◦C and currents up to 10 mA. Polynomial fit to these experiments can be
conveniently represented by the following function:
λ(T, I) = 844.1 + 0.063T + 0.066I + 0.00029TI + 0.0128I2, (7.3)
where T is the heatsink temperature in ◦C, and I is the laser current in mA, and λ
is wavelength in nm. The change in lasing wavelength with current is mainly caused by
heating of the laser cavity [208].
At each temperature–current pair, a SM Doppler spectrum was acquired and the
Doppler frequency was extracted. The maximum shift in Doppler frequency caused by
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the combined current and temperature change was 16 Hz (from 2.784 kHz to 2.768 kHz)
which corresponds to a fractional change of approximately 0.6 %. This systematic er-
ror may be removed by calculating the wavelength at any given point in the current–
temperature space using (2).
Figure 3 shows that temperature variation under different operating regimes of our ar-
ray is much smaller than the current—temperature range used in this experiment. There-
fore, we can safely conclude that the effect of current and temperature change in an
uncooled VCSEL array will not only be predictable and easily removable but shows neg-
ligible effect on the performance of such arrays. This means that there is no significant
reduction in the accuracy of the velocity determination with multichannel operation of a
SM array based sensor, which allows it to be used for a wide range of sensing applica-
tions.
In summary, we have compared the performance of single channel and multichannel
operation of an uncooled single mode monolithic 24×1 VCSEL array in a SM sensing sys-
tem. We found that the SNR of monolithically integrated SM sensor arrays is inherently
enhanced through multichannel operation, as a result of the increased operational tem-
perature of the sensor. This effect can be augmented by reducing the spacing between
VCSELs on the array or increasing the diameter of each laser. Finally, the temperature
rise due to multichannel operation had no significant effect on the measured Doppler
frequency, which corresponds to no significant change in the accuracy of the measured
velocity. These findings suggest that SM imaging systems based on VCSEL arrays have
the potential to produce images with high spatial resolutions at high frame rates. These
features make parallel SM sensing systems especially attractive for biomedical and in-
dustrial applications where there are unstable or dynamically changing flow velocities.
Chapter 8
Conclusions
Early skin cancer detection is achieved by sensing a kind of abnormality in the cancerous
tissue which can be called a biomarker as well. This can be the visual shape of the
cancerous tissue or its optical properties or a functional marker such as abnormal blood
perfusion. For instance, the refractive index of cancerous tissue is different from normal
tissues and blood perfusion is abnormal around these cells [5]. Based on the fact that
infrared light can penetrate the skin tissue by a few millimeters at wavelengths such as
850 nm, the biomarkers of the affected tissue can be investigated using near-infrared
semiconductor lasers.
In this project I studied the biology of different cancerous skin tissues and investigated
the abnormalities of these tissues. In particular, I focused my studies on neovascular-
ization or angiogenesis (development of blood vessel networks in the cancerous tissues
to provide cancer cells with oxygen and nutrition and carry away the waste) and also on
the changes in the optical properties (such as scattering and absorption coefficients) that
may happen to cancerous tissues due to cancerous activities. After choosing biomarkers
that can be used in a detection procedure, I chose LFI as a sensing technique to be used
in this thesis. Because there was no access to biological tissue to be used in in vivo
measurements, I developed technologies to make tissue phantoms. I made state of the
art, multi-layer skin tissue phantoms including cancerous tissue models. I applied the LFI
technique to construct images of these tissue phantoms. Furthermore, I developed laser
feedback tomography systems to build three dimensional images of the same samples. In
addition, I proposed and examined a novel dual-modality imaging technique that improved
the capabilities of the imaging system dramatically. In parallel with experimental works, I
developed a powerful object-oriented Monte Carlo simulation engine, which helped me in
143
144 CONCLUSIONS
conceptualizing ideas and predicting results, and also in discussing the experimental re-
sults more effectively. To conclude, a summary of the findings and suggestions for future
works will be presented in the remainder of this chapter.
8.1 Summary of Findings
This dissertation’s findings encompass theoretical, experimental, and simulation portions.
On the theoretical side, laser Doppler flowmetry and confocal reflectance microscopy
were proposed and used as two modalities that can be used in laser imaging skin cancer
detection practices. In addition, a combination of the two aforementioned techniques was
also proposed and performed which improved the effectiveness of the imaging systems.
A comprehensive theoretical study of the effects of different system parameters on the
morphology of the Doppler spectrum was conducted which can play an important role in
designing laser Doppler velocimeters and flowmeters.
On the experimental side, the technology for making tissue phantoms was introduced
to the group and agar and silicone based tissue phantoms were made and used in differ-
ent imaging setups during the thesis. Moreover, LFI was proposed and implemented in
imaging applications to make Doppler flowmetry and confocal reflectance images. It was
also used to realize the dual-modality imaging technique to combine Doppler flowmetry
and confocal reflectance imaging in an integrated system. Optical sectioning was carried
out using LFI systems which includes a high numerical aperture focused beam providing
images at different depths of cancerous tissue phantoms. As a result of being able to per-
form depth sectioning, a laser feedback tomography system was proposed and applied to
image a cancerous skin tissue phantom. A large number of slices of the sample, imaged
using this system, were concatenated to make tomographic images of the affected volume
that has different optical properties compared to its surrounding volumes. Experimental
work was also carried out on a parallel imaging system including a 24-channel VCSEL
array as an alternative way to improve the speed of imaging. Preliminary results of the
parallel read out system was presented and the technical considerations of the system
were discussed.
Finally, I also performed numerical modeling by means of the Monte Carlo method.
A fast and efficient Monte Carlo simulation engine was prepared using object-oriented
MATLAB programming. I used Monte Carlo simulation during my thesis to model the
experiments, optical systems, and sample structures, in a numerical way. The results of
the numerical models were then used to validate experimental results. Simulations was
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also used to present and discuss results where experiments were hard or impossible to
conduct. For instance, in paper E the possible improvement in skin cancer detection using
the proposed dual-modality imaging technique was numerically surveyed. As another
example, in paper B the effects of the beam numerical aperture and distribution of particle
velocities within the beam spot on Doppler spectrum were investigated using only Monte
Carlo simulation. Therefore, we took advantage of the validated and reliable Monte Carlo
engine to extend the scope of our hypotheses and analyses. Monte Carlo was also used
as a tool to gain access to a range of characteristics of the optical system that gave us
a deeper understanding of their role within the system, such as the reflection profile of
the photons from rough surfaces (discussed in paper B) and also sensing volume of the
beam for an LFI system.
8.2 Future Work
What has been done in this thesis is quite extensive. Despite this, in most of the covered
areas, there is still a huge capacity for further work, as proposed ideas are novel and still
not mature. The use of optical beam to interrogate tissue targets, which is the founda-
tion of this work, is also the basic for numerous other optical techniques. These optical
methods are competing to be accepted as tools of choice in in vivo imagining applica-
tions. Therefore, deeper knowledge in this area paves the way toward such efficient tools.
One the other hand, deeper understanding of biological mechanisms involved in multistep
development of human tumors, helps to give insight into new modalities and biomarkers
which can be utilized in these imaging systems.
Continuing the research that has been carried out in the area of tissue phantoms is
also strongly recommended. Tissue phantoms are used extensively in different research
areas and having the technology to make complicated and state-of-the-art tissue phan-
toms, is not just useful in optical imaging methods, but also can be of great importance in
other medical diagnostic and therapeutic research areas.
The transition from tissue phantoms to biological tissues in clinical environments is
the ultimate goal for the laser feedback tomography technique proposed for skin cancer
detection applications, discussed in section 6.2, and consequently the ultimate goal of
this work. Although this transition is quite challenging, we believe it is feasible. The
first step can be imagined as conducting experiments on biological healthy skin tissues.
Ethics for these experiments should be provided and volunteers should be hired. New
technologies as fast scanning mirrors and high speed electronics should be provided to
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speed up the imaging process as much as possible. Therefore, motion and other artefact
noises and fatigue in the volunteer can be avoided. Skin is an inhomogeneous tissue
(compared to homogeneous tissue phantoms) and new methods should be acquired to
take the inhomogeneity of skin into account. Skin sample should be fixed to avoid the
involuntary movements and diffuse reflectance from the surface of the skin should be
dealt with, by using immersion oils for instance. Second step can be imagined as moving
the optical system to a controlled clinical room where a real patient is. Measurements are
in vivo, therefore proper ethical clearance should be provided and volunteers with specific
type of lesion (as required) should be looked for, informed well, and asked to be involved,
while procedures and hazards should also be explained well. Moving optical system from
a photonics lab where all the sources of noise are well-controlled to a clinical room is
also challenging. For instance, using an optical table in the lab suppresses most of the
vibrational noises, when it is impossible to move an optical table to a clinical room. All
the necessary equipment to conduct the experiment should be packed neatly to make
the apparatus as small as possible. These are just to name a few challenges that this
transition may impose.
Employing LFI to image new modalities is another promising procedure that can follow
this work. There are a large number of modalities that have been applied in other optical
imaging techniques but have not still been applied in LFI systems. However, I believe
LFI has the capability of using some of these new modalities. For instance, elastography
which is mapping the mechanical properties or elasticity of soft tissues was proposed as
a medical imaging modality to be used in oncology applications [209]. Techniques such
as supersonic shear imaging [210], magnetic resonance elastography [211], and opti-
cal coherence elastography [212] were then proposed and implemented as elastography
embodiments. Considering the fact that LFI can be used to image the propagation of
mechanical waves [213], we believe this technique can be used for elastography as well.
Finally, further work in the area of Monte Carlo simulation is also strongly recom-
mended. The basic Monte Carlo software which was developed so far has the capability
of being extended in different directions. This is a powerful tool to analyze the photon mat-
ter interactions not only in the case of LFI but in all applications requiring the knowledge of
photon transport through a complex optical system. For instance, including polarization
state in the characteristics of photons and alterations that may happen to the polariza-
tion state of the photons due to the scattering events, is a promising study that can be
performed through Monte Carlo simulations. This is especially of interest for polarization
sensitive techniques. Considering the fact that LFI is also a polarization sensitive method,
this study can also help in conducting polarization selective LFI imaging.
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